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PREFACE 


Since the 1970s, when it was first realized that the special properties of ceramic 
materials could be exploited to provide better materials for certain implant appli¬ 
cations, the field has expanded enormously. Initial applications depended on the 
fact that smooth ceramic surfaces elicited very little tissue reaction and provided 
wear characteristics suitable for bearing surfaces. Resultant orthopedic use has 
enjoyed forty years’ clinical success, notably in Europe. 

Today, as well as the so-called inert “bioceramics”, materials have been 
developed that have properties which allow their use where bonding to soft or 
hard tissues is needed, where controlled degradation is required, where loads are 
to be borne, where tissue is to be augmented, or where the special properties of 
ceramics can be allied with those of polymers or metals to provide implant mate¬ 
rials with advantages over each. 

In all of these applications, and many others described in this text, the tis¬ 
sue reactions to, and properties of, these bioceramics have been increasingly 
carefully studied so that they can be controlled and, more importantly, predicted. 
This is the information which must be understood before they are applied 
clinically. 

Assessment of the growth of the field of bioactive ceramics in the first 
edition in 1993 showed that the number of presentations on that subject at the first 
World Biomaterials Congress in 1980 formed 6% of the program. By the time of 
the fourth such congress in 1992, that figure was 23% of the whole. In 1980 
presentations came from 12 centers in 5 countries, in 1992 from 88 centers in 21 
countries. Research is international and continues to expand worldwide, as indi¬ 
cated by the breadth of contribution in this second edition. 

The breadth of bioceramics also continues to expand, as illustrated by the 
addition of 21 additional chapters in this second edition. Much of the expanded 
growth of subject matter is in the field of bioactive materials. Bioactive materials 
can be divided into two major areas: one contains bioactive glasses and glass- 
ceramics, which develop biological hydroxyapatite at their surfaces after implan¬ 
tation; and the other, contains calcium phosphate-based ceramics, which are 
usually developed from chemical precursors. 
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Materials from both groups have been used as powders and sometimes as 
solids in applications where mechanical requirements are low, and as composites 
and coatings where mechanical requirements are high. Some have been designed 
specifically for high strength applications. As the behavior of bioceramics in both 
short- and long-term applications has become increasingly predictable and relia¬ 
ble, their clinical application has increased, as indicted by the large number of 
clinical applications chapters presented in the second edition. 

The growth of bioceramics as a field and as a vital component of the 
healthcare industry parallels the increasing need for affordable and improved 
healthcare for an increasingly large and aging population. The chapters presented 
in the second edition provide the latest understanding of this important field and 
provide the basis for creating the next generation of biomaterials. 

Please note the following regarding the contents of this second edition. 
Several chapters of the first edition have been included without alteration. This is 
based upon my judgment as Editor that these are “classic” reviews of the field and 
merit inclusion “as is”. Some other chapters, of equal importance, however, have 
been up-dated to include clinical results during the last twenty years in order to 
represent the growing clinical significance of the field of bioceramics. A few 
chapters have been greatly reduced in size because the content has not become 
clinically important. Because of their historical significance a short, edited ver¬ 
sion of the chapters has been included with key references. This decision has 
made it possible to keep within reasonable page limits for the second edition and 
still include a comprehensive up-dating of the field. I greatly appreciate these 
important new contributions from leaders of the field. I also hope that the authors 
of the chapters reduced in size will understand the rationale of my decision. 
Bioceramics has become one of the most important fields of the healthcare 
industry and I am pleased that this second edition represents this growing 
importance. 

Larry L. Hench 
Ft. Myers, FL 
October 11, 2012 
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Chapter 1 

INTRODUCTION 

Larry L. Hench and June Wilson 


1.1. OVERVIEW 

Thousands of years ago humans discovered that clay could be irreversibly 
transformed by fire into ceramic pottery. Ceramic pots stored grains for long 
periods of time with minimal deterioration. Impervious ceramic vessels held 
water and were resistant to fire, which allowed new forms of cooking. This dis¬ 
covery was a large factor in the transformation of human culture from nomadic 
hunters to agrarian settlers. This cultural revolution led to a great improvement in 
the quality and length of life. 

During the last fifty years another revolution has occurred in the use of 
ceramics to improve the quality of life of humans. This revolution is the develop¬ 
ment of specially designed and fabricated ceramics for the repair and reconstruc¬ 
tion of diseased, damaged or “worn out” parts of the body. Ceramics used for this 
purpose are called bioceramics. This book describes the principles involved in the 
use of ceramics in the body. Most clinical applications of bioceramics relate to 
the repair of the skeletal system, composed of bones, joints and teeth, and to aug¬ 
ment both hard and soft tissues. Ceramics are also used to replace parts of the 
cardiovascular system, especially heart valves. Special formulations of glasses 
are also used therapeutically for the treatment of tumors. 

Bioceramics are produced in a variety of forms and phases and serve many 
different functions in the repair of the body, which are summarized in Fig. 1.1 and 
Table 1.1. In many applications ceramics are used in the form of bulk materials 
of a specific shape, called implants, prostheses, or prosthetic devices. Bioceramics 
are also used to fill space while the natural repair processes restore function. In 
other situations the ceramic is used as a coating on a substrate, or as a second 
phase in a composite, combining the characteristics of both into a new material 
with enhanced mechanical and biochemical properties. 

Bioceramics are made in many different phases. They can be single crystals 
(sapphire), polycrystalline (alumina or hydroxyapatite), glass (Bioglass®), glass- 
ceramics (AAV glass-ceramic) or composites (polyethylene-hydroxyapatite). The 
phase or phases used depend on the properties and function required. For exam¬ 
ple, single crystal sapphire is used as a dental implant because of its high strength. 
AAV glass-ceramic is used to replace vertebrae because it has high strength and 
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Fig. 1.1. Clinical 
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Table 1.1. Form, Phase and Function of Bioceramics. 


Form 

Phase 

Function 

Powder 

Polycrystalline, Glass 

Space-filling, therapeutic treatment, 
regeneration of tissues 

Coating 

Polycrystalline, Glass 
Glass-Ceramic 

Tissue bonding, thromboresistance, corrosion 
protection 

Bulk 

Single Crystal 
Polycrystalline, Glass 
Glass-Ceramic 
Composite 
(Multi-Phase) 

Replacement and augmentation of tissue, 
replace functioning parts 


bonds to bone. Bioactive glasses have low strength but bond rapidly to bone, so 
are used to augment the repair of boney defects. 

Ceramics and glasses have been used for a long time outside the body for 
a variety of applications in the health care industry. Eye glasses, diagnostic instru¬ 
ments, chemical ware, thermometers, tissue culture flasks, chromatography col¬ 
umns, lasers, and fiber optics for endoscopy are commonplace products in the 
multi-billion dollar industry. Ceramics are widely used in dentistry as restorative 
materials: gold porcelain crowns, glass-filled ionomer cements, endodontic treat¬ 
ments, dentures etc. Such materials, called dental ceramics, are reviewed by 
Preston. 1 However, use of ceramics inside the body as implants is relatively new: 
alumina hip implants have been used for just over 40 years. (See Hulbert et al., 
1987, for a review of the history of bioceramics. 2 ) 

This book is devoted to the use of ceramics as implants. Many composi¬ 
tions of ceramics have been tested for potential use in the body but few have 
reached human clinical application. Clinical success requires the simultaneous 
achievement of a stable interface with connective tissue and an appropriate, func¬ 
tional match of the mechanical behavior of the implant with the tissue to be 
replaced. Few materials satisfy this severe dual requirement for clinical use. 


1.2. TYPES OF BIOCERAMICS-TISSUE INTERFACES 

No material implanted in living tissues is inert; all materials elicit a 
response from the host tissue. The response occurs at the tissue-implant interface 
and depends upon many factors, listed in Table 1.2. 

There are four general types of implant-tissue response, as summarized in 
Table 1.3. It is critical that any implant material avoids a toxic response that kills 
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Table 1.2. Factors affecting interfacial response. 


Tissue Side 

Implant Side 

— Type of Tissue 

— Composition of Implant 

— Health of Tissue 

— Phases in Implant 

— Age of Tissue 

— Phase Boundaries 

— Blood Circulation in Tissue 

— Surface Morphology 

— Blood Circulation at Interface 

— Surface Porosity 

— Motion at Interface 

— Chemical Reactions 

— Closeness of Fit 

— Closeness of Fit 

— Mechanical Load 

— Mechanical Load 


Table 1.3. Implant-Tissue Interactions: Consequences. 


Implant-Tissue Reaction 

Consequence 

Toxic 

Tissue dies 

Biologically nearly inert 

Tissue forms a non-adherent fibrous capsule around 
the implant 

Bioactive 

Tissue forms an interfacial bond with the implant or 
regenerates natural tissues 

Dissolution of implant 

Tissue replaces implant 


cells in the surrounding tissues or releases chemicals that can migrate within tis¬ 
sue fluids and cause systemic damage to the patient. 3 One of the main reasons for 
the interest in ceramic implants is their lack of toxicity. 

The most common response of tissues to an implant is formation of a non¬ 
adherent fibrous capsule. The fibrous tissue is formed in order to “wall off’ or 
isolate the implant from the host. It is a protective mechanism and with time can 
lead to complete encapsulation of an implant within the fibrous layer. Metals and 
most polymers produce this type of interfacial response; the cellular mechanisms 
which influence this response are described in a later section. 

Biologically inactive, nearly inert ceramics, such as alumina or zirconia, 
also develop fibrous capsules at their interface. The thickness of the fibrous layer 
depends on the factors listed in Table 1.2. The chemical inertness of alumina and 
zirconia results in a very thin fibrous layer under optimal conditions (Fig. 1.2). 
More chemically reactive metallic implants elicit thicker interfacial layers. 
However, it is important to remember that the thickness of an interfacial fibrous 
layer also depends upon motion and fit at the interface, as well as the other factors 
indicated in Table 1.2. 
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Figure 1.2. Comparison of interfacial thickness of reaction layer of bioactive implants 
or fibrous tissue of inactive bioceramics in bone. (Reprinted from L.L. Hench, 1991, 
Bioceramics: From Concept to Chnic, J. Amer. Ceram. Soc., 74, 1487-570, with 
permission.) 


The third type of interfacial response, indicated in Table 1.3, is when a 
bond forms across the interface between implant and the tissue. This is termed a 
“bioactive” interface. The interfacial bond prevents motion between the two 
materials and mimics the type of interface that is formed when natural tissues 
repair themselves. This type of interface requires the material to have a controlled 
rate of chemical reactivity, as discussed in Chapters 3-6. An important character¬ 
istic of a bioactive interface is that it changes with time, as do natural tissues, 
which are in a state of dynamic equilibrium. 

When the rate of change of a bioactive interface is sufficiently rapid the 
material “dissolves” or “resorbs” and is replaced by the surrounding tissues. 
Thus, a resorbable biomaterial must be of a composition that can be degraded 
chemically by body fluids or digested easily by macrophages (see below). The 
degradation products must be chemical compounds that are not toxic and can be 
easily disposed of without damage to cells. 


1.3. TYPES OF BIOCERAMIC-TISSUE ATTACHMENTS 

The mechanism of attachment of tissue to an implant is directly related to 
the tissue response at the implant interface. There are four types of bioceramics, 
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Table 1.4. Types of Tissue Attachment of Bioceramic Prostheses. 


Type of Implant 

Type of Attachment 

Example 

(1) Nearly inert 

Mechanical interlock 
(Morphological Fixation) 

A1 2 0 3 , Zirconia 

(2) Porous 

In-growth of tissues into pores 
(Biological Fixation) 

Hydroxyapatite (HA) 

HA-coated; porous metals 

(3) Bioactive 

Interfacial bonding with tissues 
(Bioactive Fixation) 

Bioactive glasses. Bioactive 
glass-ceramics, HA 

(4) Resorbable 

Replacement with tissues 

Tri-calcium phosphate 
Bioactive glasses 


each with a different type of tissue attachment, summarized in Table 1.4 with exam¬ 
ples. The factors that influence the implant-tissue interfacial response listed in 
Table 1.2 also affects the type and stability of tissue attachment listed in Table 1.4. 

The relative chemical activity of the different types of bioceramics is com¬ 
pared in Fig. 1.3. The relative reactivity shown in Fig. 1.3(a) correlates with the 
rate of formation of an interfacial bond of implants with bone (Fig. 1.3(b)). A 
type 1, nearly inert, implant does not form a bond with bone. A type 2, porous, 
implant forms a mechanical bond via in-growth of bone into the pores. A type 3, 
bioactive, implant forms a bond with bone via chemical reactions at the interface. 
A type 4, resorbable, implant is replaced by bone. 

The relative level of reactivity of an implant also influences the thickness 
of the interfacial layer between the material and the tissue (Fig. 1.2). A type 1, 
nearly inert, implant forms a non-adherent fibrous layer at the interface. A chemi¬ 
cally stable material like alumina elicits a very thin capsule. Consequently, when 
alumina or zirconia implants are implanted with a tight mechanical fit and move¬ 
ment does not occur at the interface they are clinically successful. However, if a 
type 1, nearly inert, implant is loaded such that interfacial movement occurs, the 
fibrous capsule can become several hundred micrometers thick and the implant 
loosens very quickly. Loosening invariably leads to clinical failure for a variety 
of reasons, which includes fracture of the implant or the bone adjacent to the 
implant. 

Type 2, porous, ceramics and hydroxyapatite (HA) coatings on porous 
metals were developed to prevent loosening of implants. The growth of bone into 
surface porosity provides a large interfacial area between the implant and its host. 
This method of attachment is often called biological fixation. It is capable of 
withstanding more complex stress states than type 1 implants, which achieve only 
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Figure 1.3. Bioactivity spectrum for various bioceramic implants: (a) relative rate of 
bioreactivity and (b) time dependence of formation of bone bonding at an implant interface 
((A) 45S5 Bioglass®, (B) KGS Ceravital®, (C) 55S4.3 Bioglass®, (D) AAV glass-ceramic, 
(E) HA, (F) KGX Ceravital®, and (G) A1203-Si3N4). (Reprinted from L.L. Hench, 1991, 
Bioceramics: From Concept to Clinic, J. Amer. Ceram. Soc., 74, 1487-570, with 
permission.) 


“morphological fixation”. A limitation of type 2, porous, implants is the necessity 
for the pores to be at least 100 pm in diameter. This large pore size is needed so 
that capillaries can provide a blood supply to the ingrown connective tissues. 
Without blood and nutrition bone will die. Vascular tissue does not appear in 
pores <100 pm. Micro-movement at the interface of a porous implant can cut off 
capillaries, leading to tissue death, inflammation and destruction of interfacial 
stability. 

When the porous implant is a metal, the large interfacial area can provide 
a focus for corrosion of the implant and loss of metal ions into the tissues, which 
may cause a variety of medical problems. 3 Coating a porous metal implant with 
a bioactive ceramic, such as HA, diminishes some of these limitations. The HA 
coating also speeds the rate of bone growth into the pores. The coatings often 
dissolve with time, which limits their effectiveness. The large size and volume 
fraction of porosity required for stable interfacial bone growth degrades the 
strength of the material. This limits the porous method of fixation to coatings or 
unloaded space fillers in tissues. 
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Resorbable implants (type 4 in Table 1.4) are designed to degrade gradu¬ 
ally with time and be replaced with natural tissues. A very thin interfacial thick¬ 
ness, such as that shown in Fig. 1.2, is the final result. This approach is the 
optimal solution to the problems of interfacial stability. It leads to the regenera¬ 
tion of tissues instead of their replacement. The difficulty is meeting the require¬ 
ments of strength and short-term mechanical performance of an implant while 
regeneration of tissues is occurring. The resorption rates must be matched to the 
repair rates of body tissues (Fig. 1.3), which vary greatly depending on the factors 
listed in Table 1.2. Some materials dissolve too rapidly and some too slowly. 
Large quantities of material must be handled by cells so the constituents of a 
resorbable implant must be metabolically acceptable. This is a severe limitation 
on the compositions that can be used. 

Successful examples of resorbable implants include specially formulated 
polymers. Resorbable sutures composed of poly (lactic acid)-poly (glycolic acid) 
are metabolized to carbon dioxide and water. Thus, they function for a time to 
hold tissues together during wound healing then dissolve and disappear. Tri¬ 
calcium phosphate (TCP) ceramics degrade to calcium and phosphate salts and 
can be used for space filling of bone. 

Bioactive implants (type 3 in Table 1.4) offer another approach to achieve 
interfacial attachment. The concept of bioactive fixation is intermediate between 
resorbable and bio-inert behavior. A bioactive material undergoes chemical reac¬ 
tions in the body, but only at its surface. The surface reactions lead to bonding of 
tissues at the interface. Thus, a bioactive material is defined as: “a material that 
elicits a specific biological response at the interface of the material which results 
in the formation of a bond between the tissues and the material.” 

The bioactive concept has been expanded to include many bioactive mate¬ 
rials with a wide range of bonding rates and thickness of interfacial bonding lay¬ 
ers (Figs 1.2 and 1.3). They include bioactive glasses such as Bioglass®, bioactive 
glass-ceramics such as AAV glass-ceramic, dense synthetic HA, bioactive com¬ 
posites such as polyethylene-HA and bioactive coatings such as HA on porous 
titanium alloy. All of these materials form an interfacial bond with bone. The time 
dependence of bonding, the strength of the bond, the mechanism of bonding, the 
thickness of the bonding zone and the mechanical strength and fracture toughness 
differ for the various materials. 

No bioactive material is optimal for all applications. It is essential to match 
the form, phases and properties of a bioactive implant with its rate of bonding and 
its function in the body (Table 1.1). Relatively small changes in composition can 
affect whether a bioceramic is nearly inert, resorbable or bioactive. These com¬ 
positional effects are described in Chapter 3. It was discovered in 1981 that 


Introduction 


certain bioactive glass compositions, such as 45S5 Bioglass®, will bond to soft 
connective tissues as well as bone. The compositions that bond to soft tissues 
have the highest rates of surface reaction of all the bioactive materials. 

A common characteristic of all bioactive implants is the formation of a 
hydroxy-carbonate apatite (HCA) layer on their surface when implanted. The 
HCA phase is equivalent in composition and structure to the mineral phase of 
bone. The HCA layer grows as polycrystalline agglomerates. Collagen fibrils are 
incorporated within the agglomerates, thereby binding the inorganic implant sur¬ 
face to the organic constituents of tissues. Thus, the interface between a bioactive 
implant and bone is nearly identical to the naturally-occurring interfaces between 
bone and tendons and ligaments. The stress gradients across a bioactive interface 
are a closer match to natural stress gradients than those across the interface of 
type 1 or type 2 implants. 


1.4. TISSUE RESPONSE TO IMPLANTS 

To understand the way in which tissues respond to an implant it is neces¬ 
sary to understand the nature of the tissue at the interface and the significance of 
any alterations seen there. The significance of such changes will vary with the 
material and will be governed both by their severity and by their persistence; a 
transient change or a continuing one may both appear to be identical shortly after 
implantation. 

The act of implantation evokes tissue changes from the surgery and the 
persistence and resolution of those changes may or may not be independent of the 
implant material and its properties. Some damage is inevitable on implantation in 
all but a few situations. Only when these materials are delivered by injection is 
the effect produced at a point distant from that at which it enters the body. 

This introduction will discuss the inflammatory response, which is the tis¬ 
sue reaction to any form of damage. In this context damage may be due to sur¬ 
gery, material properties or mechanical damage due to wear particles. To 
understand the inflammatory response requires some knowledge of the normal 
tissue architecture and function and, in addition, certain frequently (and some¬ 
times loosely) used terms will be defined. 

Every organ in the body is made up from a combination, in varying pro¬ 
portions, of four tissue types: 

1. Epithelium 

Epithelial tissues cover and line organs throughout the body and can also secrete 
a wide variety of substances, either directly into the system through ducts or into 
the blood stream. Glands are made up of such secretory epithelium. 


10 


An Introduction to Bioceramics 2nd Edition 


2. Muscle 

Muscle tissue is found wherever movement is required. In the skeleton, muscle is 
under voluntary control; elsewhere, such as in the cardiovascular, digestive and 
respiratory systems, it is controlled biochemically. 

3. Nervous tissue 

Nervous tissue is specialized to transmit signals between the outside world, the 
brain and all of the body system. 

4. Connective tissue 

Connective tissue, the fourth group, is well named, since its constituent tissues 
connect and service all of the others. It includes blood supply to and from the 
organs. No organ in the body is without a connective tissue component and it is 
with connective tissue that the ceramic biomaterials, which are the subject of this 
book, interact. 

For more information and details of the appearance of these tissue types 
see Ham or any similar histological textbook. 4 

An inflammatory response will always be present immediately after sur¬ 
gery while the damaged tissue, blood clot and bacteria introduced at that time are 
removed. The reddening and swelling which can be seen in inflammation mark 
the increase in blood supply (and its consequences) produced by the chemicals 
released by damaged tissues. In with the blood supply arrive the cells involved in 
the repair process. These include many cells, known as phagocytes for their abil¬ 
ity to ingest, sometimes digest, and remove foreign material. It is the presence of 
these phagocytes at any time other than immediately post-implantation which can 
indicate problems with a material or an implant. All phagocytic cells begin life in 
the blood as one of the white cells or leucocytes (see Fig. 1.4). 

The cells are distinguished by their size, shape and staining characteristics. 4 
They migrate from the blood into the tissues to deal with foreign material. The 
most numerous are the neutrophils and a massive increase in their numbers signi¬ 
fies, amongst other things, infection, since they ingest bacteria. All of the granular 
cells have lobed nuclei and may be termed polymorphs or “PMN” for short. They 
may also be termed “microphages”. The non-granular cells have round nuclei and 
different functions. The lymphocytes are the cells which produce antibodies and an 
increase in lymphocytes and certain of the granulocytes can indicate an allergic 
response. Monocytes in the blood are the source of the connective tissue phago¬ 
cytes, the macrophages. Monocytes migrate from the circulation into the connec¬ 
tive tissue (where they are re-named histiocytes) and when needed move through 
the connective tissue to ingest foreign material which is too large to be dealt with 
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Figure 1.4. Classification of white blood cells. 


by polymorphs. Where that material is tissue debris the enzymes secreted by mac¬ 
rophages are sufficient to digest the material with relatively little harm to the cell. 
However, when such debris is derived from an implant material or when the foreign 
body has attracted phagocytes because of its surface characteristics, the situation 
can be quite different. Not only may the cell be unable to digest the material, it may 
be killed by it and thus release the material to be repeatedly ingested in a vain 
attempt to eliminate it, at the same time accompanied by increasing amounts of 
dead macrophage tissue. The enzymes produced by these activated macrophages 
influence the fibroblasts, which produce the collagen to form the fibrous capsule 
around an implant. For as long as phagocytic activity continues the capsule will 
become thicker. When a particle, or more notably a surface, is of a size that it can 
not be encompassed by a macrophage acting alone, then the giant cell appears. 
Giant cells form when macrophages coalesce to produce a phagocyte large enough 
to deal with large particles or to attempt to deal with rough surfaces. However, the 
characteristics of giant cells are similar in many ways to those of macrophages. 
They do not themselves reproduce and the presence of giant cells at an interface 
some time after implantation can indicate a persistent stimulus. 

Table 1.1 lists factors that can affect interfacial response and it should now 
be clear that all of these are mediated by the cells involved in the inflammatory 
response discussed above. Any defect on the tissue side produced by age or dis¬ 
ease will affect it, any damage to implant or tissue as a consequence of roughness, 
porosity or relative movement will affect it, the loading in use will affect it and 
the nature of the material and chemical reactions will also affect it. Any material 
that in its intended use produces few, if any, of those factors which produce these 
tissue responses can be termed biocompatible. 

A biocompatible material is one which possesses the ability to perform 
with an appropriate host response in a specific application. This definition, 
arrived at by consensus, emphasizes that biocompatibility is not lack of toxicity, 
but a requirement that a material performs appropriately. 5 It is essential to 
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recognize that every application of a material enforces different conditions and 
thus it may or may not be biocompatible in different applications. 

The tissue response to nearly inert ceramics (type 1 implants) therefore is 
not dependant on chemistry so much as fit. If movement at the interface is minimal 
the phagocytic response will be transient and the thin capsule will be in place and 
quiescent shortly after implantation. With more chemically reactive materials, 
such as some metals, the reactive phase is extended and the capsule will therefore 
have more time to thicken before equilibrium is achieved. In the response to bio¬ 
active interfaces (type 3 implants), the capsule formation is minimal because of 
the removal of the influence of interfacial movement by the bonding mechanism. 
The reaction to resorbable implants (type 4) will persist until the components have 
been removed, for this type of reaction the materials’ properties will be the 
controlling factor in tissue response. Where porous materials or rough surfaces 
(type 2 implants) are concerned, those which depend on mechanical interlock 
(with or without bioactivity) for the tissue reaction, all factors are important and 
the tissue reaction is the most complex. This is because almost all of the factors in 
Table 1.2 come into play, not only during the initial stabilization process but also 
during the long term. Because of the difficulty in achieving permanent stability 
within the pores under loaded conditions, breakdown within the pores is a potential 
problem and repair within the pores is difficult. These are a significant factor in 
development of these materials, which is further discussed in Chapters 19 and 32. 

1.5. TYPES OF BONE AT BIOCERAMIC INTERFACES 

Most bioceramic implants are in contact with bone. Thus, it is important 
to understand that there are various types of bone in the body. Bone is a living 
material, composed of cells and a blood supply encased in a strong, interwoven 
composite structure. There are three major components to the acellular structure 
of bone: collagen, which is flexible and very tough; hydroxycarbonate apatite, 
bone mineral, which is the reinforcing phase of the composite; and bone matrix 
or ground substance, which performs various cellular support functions. The 
three components are organized into a three-dimensional system that has maxi¬ 
mum strength and toughness along the lines of applied stress. See Ham or Vaughn 
for a description of the growth and structure of bone and Revell for discussion of 
bone pathology. 4 ’ 6,7 

Two of the various types of bone are of most concern in the use of bio¬ 
ceramics. They are cancellous bone and cortical hone. Cancellous bone, also 
called trabecular or spongy bone, is less dense than cortical bone. It occurs across 
the ends of the long bones and is like a honeycomb in cross section. Because of 
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Table 1.5 Mechanical Properties of Skeletal Tissues. 


Property 

Cortical 

Cancellous 

Articular 

Cartilage 

Tendon 

Compressive 

Strength (MPa) 

100-230 8 - 9 

2-12 10 



Flexural, Tensile 

Strength (MPA) 

50-150 8 ' 9 

10-20 3 

10-40 11 

80-120 16 

Strain to Failure (%) 

1-3 13 

5-7 13 

15-50 12 

10 16 

Young’s (Tensile) 

Modulus (GPa) 

7-30 8,9i 13 

0.5-0.05 10 ' 13 

0.001-0.0 13 

l 13 

Fracture 

Toughness (Klc) 

(MPa ml/2) 

2-12 9 




Compressive 

Stiffness (N mm 1 ) 



20-60 14 


Compressive Creep 
Modulus (MPa) 



4—15 15 


Tensile Stiffness (MPa) 



50-225 11 



its lower density, cancellous bone has a lower modulus of elasticity and higher 
strain to failure than cortical bone (Table 1.5 and Fig. 1.5). Both types of hone 
have higher moduli of elasticity than soft connective tissues, such as tendons and 
ligaments (Table 1.5). The difference in stiffness (elastic modulus) between the 
various types of connective tissues ensures a smooth gradient in mechanical stress 
across a bone, between bones and between muscles and bones. 

Bone at the interface with an implant is often structurally weak because of 
disease or ageing. Figure 1.6a shows the progressive loss of volume of bone with 
age. The decrease in bone area leads to a decrease in strength (Fig. 1.6b). See 
Revell for a discussion of the pathology of bone and the effects of age and disease 
on the structure and rate of repair of bone. 7 

The quality of bone at an implant-bone interface can deteriorate even 
further due to the presence of the implant or the method of fixation. Localized 
death of bone can occur, especially if bone cement, poly(methyl methacrylate) 
(PMMA), is used to provide mechanical attachment of the device. The local rise 
in temperature when the monomer cross-links to form the polymer is sufficient to 
kill bone cells to a depth of nearly a millimeter. 
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Figure 1.6a. Effect of age on female trabecular bone volume of the iliac crest. 



Figure 1.6b. Effect of age on strength of bone. 
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Another problem, called stress shielding, occurs when the implant pre¬ 
vents the bone from being properly loaded. The higher modulus of elasticity of 
the implant results in its carrying nearly all the load. Figure 1.5 compares the 
modulus of elasticity of the materials used for load bearing implants with 
the values of cortical bone and cancellous bone. The elastic modulus of cortical 
bone ranges between 7 and 25 GPa, depending upon age, location of the bone and 
direction of measurement (bone is anisotropic). This modulus is 10-50 times 
lower than that of alumina. Cancellous bone has a modulus that is several hun¬ 
dreds of times less than that of alumina. 

The clinical problem arises because bone must be loaded in tension to 
remain healthy. 5-7 Stress shielding weakens bone in the region where the applied 
load is lowest or in compression. Bone that is unloaded or is loaded in compres¬ 
sion will undergo a biological change that leads to bone resorbtion. 5-7 

The interface between a stress shielded bone and an implant deteriorates as 
the bone is weakened. Loosening and/or fracture of the bone, the interface, or the 
implant will result. The presence of wear debris that often occurs in artificial hip 
and knee joints accelerates the weakening of the stress-shielded bone, because the 
increased cellular activity involved in the removal of the foreign wear particles 
also attacks and destroys bone. 7 The combination of stress shielding, wear debris 
and motion at an interface is especially damaging and usually leads to failure. 

Elimination of stress shielding is one of the primary motivations for the 
development of bioceramic composites, discussed in Chapters 25 and 26. The 
elastic modulus of a two-phase composite can be matched to that of bone, as 
shown in Fig. 1.5. If one of the phases is a bioactive material the composite can 
also form a bioactive bond with bone, thereby eliminating two of the primary 
causes for implant failure, interfacial loosening and stress shielding. 


1.6. TYPES OF PROCESSING AND 

MICROSTRUCTURE OF BIOCERAMICS 

Bioceramic materials can be classified into eight categories based upon 
processing method used and the microstructure produced; i.e., the distribution of 
phases developed in the material (Table 1.6). The differences in microstructure of 
the eight categories are primarily due to the different starting materials and ther¬ 
mal processing steps involved in making the materials. Chapter 37 discusses the 
sequence of processing steps used in making bioceramics and the characterization 
methods required to ensure reproducibility of properties of the final product. 

Figure 1.7 summarizes the time-temperature profiles used in processing 
the ceramics listed in categories 1-6 in Table 1.6. The thermal processing of 
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Table 1.6. Ceramic processing methods 


Type of Ceramic Processing 

Example 

1. Glass 

45S5 Bioglass® 

2. Cast or rapidly solidified polycrystalline ceramic 

HA coating 

3. Polycrystalline glass-ceramic 

Ceravital® 

4. Liquid-phase sintered (vitrified) ceramic 

Glass-HA 

5. Solid-state sintered ceramic 

Alumina, zirconia 

6. Hot pressed ceramic or glass-ceramic 

AAV glass-ceramic 

7. Sol-gel glass or ceramic 

52S bioactive gel-glass 

8. Multi-phase composite 

PE-HA 


sol-gel glasses and ceramics involves much lower temperatures and different 
types of processing methods, as shown below. Processing of composites differ for 
each type of composite, as discussed in Chapters 25 and 26. 

For the reader unfamiliar with ceramic processing, some of the concepts 
relating thermal processes with microstructural development follow. For detailed 
treatment of the theory and practice of ceramic processing, consult Reed, Onoda 
and Hench or Kingery, Bowen and Uhlmann. 20-22 

The objective of ceramic processing is to make a specific form of the 
material that will perform a specific function (Table 1.1). This requires making a 
solid object, a coating or particulates (powders). There are two ways of making a 
specific shape: casting from the liquid state (types 1, 2, 3 in Table 1.6) or pre¬ 
forming the shape from fine-grained particulates followed by consolidation 
(types 4, 5, 6 in Table 1.6). 

When a shape is made from powders it is called forming. The powders are 
usually mixed with water and an organic binder to achieve a plastic mass that can 
be cast, injected, extruded or pressed into a mold of the desired shape. The 
formed piece is called green ware. Subsequently, the temperature is raised to 
evaporate the water ( drying ) and the binder is burned out, resulting in bisque 
ware. At a much higher temperature the ware is densified during firing. After 
cooling to ambient temperature, one or more finishing steps may be applied, such 
as grinding and polishing, as illustrated in Fig. 37.1. The result is a finished prod¬ 
uct with desired properties. The properties depend upon the composition of the 
material, the phases developed during thermal processing and the microstructure 
of the material. 
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(a) 



Figure 1.7. (a) composition A: microstructure: (1) glass; (2) cast polycrystalline (large¬ 

grained); (3) liquid-phase-sintered (vitrified); (4) solid-state sintered; (5) polycrystalline 
glass-ceramic; (6) polycrystalline coating from T m . (b) composition B: (1) phase-separated 
glass. (2)-(5) same as (a), (ss) = solid solution, T. = solidus line. 
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Figure 1.8a. Schematic structure of a crystalline silicate. All Si(0 4 ) tetrahedra are 
bonded together by -Si-O-Si (siloxane) bonds. 



Figure 1.8b. Schematic structure of a random glass network composed of network 
modifiers (MO) and network formers (Si0 2 ). Some of the Si are bonded to each other by 
bridging oxygen (BO) bonds and others are coordinated with non-bridging oxygen (NBO) 
bonds to network modifying ions. 


Phase equilibrium diagrams provide the basis for understanding the rela¬ 
tionships between thermal processing schedules and the phases and microstruc¬ 
tures produced. 23 Figure 1.7a is a binary phase equilibrium diagram consisting of 
Si0 2 (silica), a network-forming oxide, and some arbitrary network modifier 
oxide (MO). MO can be Na z O, K 2 0, CaO, MgO etc. Schematic structures of a 
glass, with a random network, and a crystal, with an ordered network, are shown 
in Fig. 1.8. There are two types of bonds in the glass or crystal network, bridging 
oxygen bonds between neighboring Si atoms, which hold the network together, 
and non-bridging oxygen bonds between Si and modifier atoms, which disrupt 
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the network. The biological behavior of glasses, glass ceramics and ceramics 
depends on the relative proportion of bridging oxygen bonds to non-bridging 
bonds in the phases of the material. 

When a mixture of MO and SiO a is heated to the temperature T M in 
Fig. 1.7a, the entire mass will melt and become liquid (L). The MO molecules 
break the Si-O-Si bonds of Si0 2 and lower the melting temperature, as shown in 
Fig. 1.7a. The liquid becomes homogeneous when held at this temperature for a 
sufficient length of time. In order to ensure homogeneity, melting is usually done 
several hundreds of degrees above T M . In a very rapid process such as plasma 
spray coating of HA (Chapter 21), melting occurs but there is insufficient time for 
homogenization of the liquid. Selective evaporation of constituents of the melt 
can also occur; the higher the temperature the greater the probability of this hap¬ 
pening, leading to an inhomogeneous product. 

When the liquid is cast (paths 1, 2, 5), forming the shape of the object 
during the casting, either a glass or a polycrystalline microstructure will result. 
When the liquid is rapidly cooled onto a substrate (path 6) either a glass or a 
polycrystalline coating will be formed. A glass is produced when the composition 
contains a sufficient concentration of network formers and the cooling rate is suf¬ 
ficiently rapid (path 1 or 6). The viscosity of the melt increases greatly as it is 
cooled until, at T |; glass transition point, the material is transformed into an 
amorphous solid; i.e., a glass. 

If there are insufficient network formers or the cooling rate is too slow, a 
polycrystalline microstructure will result. The crystals begin growing from Tj and 
below. Crystallization is complete when the temperature reaches T 2 . The final 
material consists of the equilibrium crystal phases predicted by the phase diagram 
(path 2). However, the combination of lack of network formers and very rapid 
cooling, such as what occurs in plasma spray coating of hydroxyapatite, often 
produces a mixture of crystal phases which may or may not be equilibrium phases 
(see Chapters 17-21). 23 

When the MO and Si0 2 powders are first formed into the shape of the 
desired object and fired at a temperature T 3 , liquid-phase-sintered structures will 
result (path 3). Before firing, the material will contain 10-40% porosity, depend¬ 
ing on the forming process used. During heating a liquid begins to form at grain 
boundaries at the eutectic temperature, T 2 . The liquid dissolves the interface, 
penetrates between the grains, fills the pores and draws the grains together by 
capillary attraction (Fig. 1.9a). These effects decrease the volume of the compact. 
Since the mass remains unchanged but only rearranged, the density increases. 
The liquid content and composition can be predicted from the phase diagram for 
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(A) Liquid-phase sintering 




Figure 1.9a. Steps in liquid-phase sintering: (1) liquid begins to form at M0-Si0 2 grain 
boundaries at eutectic temperature (T E ); (2) liquid dissolves MO and Si0 2 ; (3) liquid fills 
the pores and pulls the grains together into a dense object. 


(B) Solid-state sintering 



(1) (2) (3) 


Figure 1.9b. Steps in solid-state sintering: (1) necks form at particle contacts by 
diffusion or creep; (2) necks grow to close pore channels and particles rearrange to 
eliminate pores; (3) pores are replaced by new grain boundaries. 


long firing times. However, in most ceramic processing, liquid formation does not 
proceed to equilibrium due to the slowness of the reactions. 

The microstructure resulting from liquid-phase sintering, or vitrification, as 
it is commonly called, consists of grains from the original powder compact sur¬ 
rounded by a liquid phase formed during firing at T 3 . As the compact is cooled 
from T 3 to T 2 (the solidus temperature is T g ), the liquid phase crystallizes into a 
fine-grained matrix surrounding the original grains. If the liquid contains a suffi¬ 
cient concentration of network formers, the liquid will be quenched into a glassy 
matrix, which surrounds the original grains. Hot-pressing of ceramics or 
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glass-ceramics, such as AAV glass-ceramic, produces grain boundary reactions, 
densification and a final microstructure similar to that obtained by vitrification. 

A powder compact can be densified without the presence of a liquid phase 
by a process called solid-state sintering. This is the process used to make medical- 
grade alumina and zirconia. Prevention of formation of grain boundary phases that 
are susceptible to grain boundary corrosion is the main advantage of solid-state 
sintering. In solid-state sintering, solid material is moved to areas of contact 
between particles. The driving force is reduction of surface energy gradients. 
A fully dense compact has no internal solid-vapor interfaces and therefore is lower 
energy than a porous material. Sintering occurs by thermal activation of molecules 
at the solid-pore interface; mechanisms include grain boundary diffusion, volume 
diffusion, surface diffusion, creep or various combinations depending upon the 
temperature, sintering atmosphere and composition of the material. Because long- 
range migration of atoms is necessary, solid-state sintering temperatures are usu¬ 
ally greater than one-half of the melting point of the material: T > TL/2 (path 2). 

During solid-state sintering the material moves to eliminate the pores and 
open channels that exist between the grains of the compact (Fig. 1.9b). As the 
pores and open channels are closed during heat treatment the crystals become 
tightly bonded together at their grain boundaries and the density, strength, tough¬ 
ness and corrosion resistance of the material increases greatly. The microstructure 
of a ceramic made by solid-state sintering consists of grains bonded together with 
a small amount of residual porosity. 

The relative rate of densification during solid-state sintering is slower than 
that of liquid-phase sintering because material transport is slower in a solid than 
in a liquid. However, it is possible to solid-state sinter single component materials 
such as pure alumina, since liquid development is not necessary. Consequently, 
when optimal mechanical and chemical performance is required, as it is in pros- 
theses, solid-state sintering becomes essential. Control of grain size during sinter¬ 
ing is critical if properties are to be consistently superior. Excessive grain growth 
is always a potential hazard because of the high temperatures involved. Grain 
growth inhibitors can be used, but if they remain in grain boundaries they may 
degrade grain boundary resistance to body fluids. Optimization of medical-grade 
ceramics requires a systematic characterization effort, see Chapter 37. 

Another class of microstructures is termed glass-ceramics because the 
object is formed as a glass but ends up as a polycrystalline ceramic. The transfor¬ 
mation of the glass into a ceramic occurs in two steps. First, the glass is heat 
treated at a temperature in the range of 450-700 °C (path 5a) to produce a large 
concentration of nuclei from which crystals can grow. When sufficient nuclei 
are present to ensure that a fine-grained microstructure will be obtained, the 
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temperature of the object is raised to 600-900 °C, which promotes crystal growth 
(path 5b). Crystals grow from the nuclei until they impinge and 100% crystalliza¬ 
tion is achieved. The resulting microstructure is non-porous and fine-grained. The 
crystals are randomly oriented and can be very small and have a very uniform size 
distribution. The crystal phases may or may not correspond to the equilibrium 
crystal phases predicted by the phase diagram. When phase separation occurs, 
composition B in Fig. 1.7, a non-porous glass-in-glass microstructure, can be 
obtained. Use of these concepts makes it possible to produce a very broad range 
of glass-ceramics, as described in Chapters 16, 29 and 34. 


1.7. SOL-GEL PROCESSING 

Sol-gel processing is a chemically-based method for producing ceramics, 
glass, glass-ceramics and composites at much lower temperatures than the tradi¬ 
tional processing methods described above. Brinker and Scherer, Hench and West 
and Hench describe the history, theory, processing details and applications of 
sol-gel processing. 24-26 The sol-gel method was used by Jarcho, and many others 
subsequently, to make hydroxyapatite ceramics. 27 The method has been recently 
used to make a new generation of bioactive gel-glasses 26-28 and offers promise for 
tailoring the composition of bioactive materials to match the requirements of 
specific applications, as discussed in Chapters 4, 5, 32 and 35. 

Three methods can be used to make sol-gel materials: 

Method 1: Gelation of colloidal powders 

Method 2: Hypercritical drying 

Method 3: Controlled hydrolysis and condensation of metal 
alkoxide precursors followed by drying at ambient 
pressure. 

All three methods involve the creation of a three-dimensional, intercon¬ 
nected network, termed a gel, from a suspension of very small, colloidal particles, 
called a sol. Colloids are solid particles with diameters <100 nm. A sol is a disper¬ 
sion of colloidal particles in a liquid. Milk is an example of a sol. A gel can be 
formed from an array of discrete colloidal particles by changing the pH of the sol 
(Method 1). The gel network can also be formed from the hydrolysis and conden¬ 
sation of liquid metal alkoxide precursors (Methods 2 and 3), illustrated in 
Fig. 1.10. An example of a metal alkoxide precursor used to provide the -Si-O-Si- 
network of bioactive gel-glasses is Si(OR)4, where R is CH3, C2H5, or C3H7. 
Other metal ions can also be used in addition to Si, such as, Ca, P, Ti etc. 
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SOL-GEL PROCESS SEQUENCE 



Figure 1.10. Processing steps in making bioactive gel glasses by the sol-gel method. 
Note lower temperatures compared with melt processing of a bioactive gel-glass with low 
silica content. 

Seven steps are involved in making gel-glasses or ceramics by the sol-gel 
method. The first step, shown in Fig. 1.10, is mixing the precursors, which forms 
the low viscosity sol. As the network interconnects develop the viscosity increases 
greatly. Prior to completion of the network formation the sol can be applied as a 
coating, be pulled into a fiber, impregnated into a composite, formed into pow¬ 
ders or cast into a mold with a precise shape and surface features (step 2). 
Gelation (step 3) occurs in the mold or on the surface of a substrate forming a 
solid object or a surface coating. Powders can be made with very highly con¬ 
trolled size distributions. 

The three-dimensional gel network is completely filled with pore liquid. 
Aging (step 4) involves holding the gel in its pore liquid for several hours at 
25-80 °C. This leads to localized solution and re-precipitation of the solid net¬ 
work, which increases the thickness of the inter-particle necks and the density and 
strength of the gel. 

The pore liquid is removed during drying (step 5). Colloidal gels are easily 
dried since their pore size is large, >100 nm. Alkoxide-based gels have very 
small pores (1-10 nm) and thus large capillary stresses can arise during drying. 
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Hypercritical drying at elevated temperature and pressure, above the pore liquid- 
solid critical point, avoids the solid-liquid interface and eliminates drying 
stresses (Method 2). Gels made by this method, called aerogels , have very low 
densities and strengths. They are used for optical applications but as yet have no 
biomaterial applications. 

Gels dried under ambient temperature and relatively low temperatures are 
termed xerogels (Method 3). The generic term gel usually applies to a xerogel. 
Careful control of the hydrolysis and condensation rates in step 1 by use of acid or 
base catalysts is required to produce the very narrow pore size distributions in xero¬ 
gels needed to reduce drying stress gradients. A gel is dried (step 5) when the physi¬ 
cally adsorbed water is completely eliminated from the pores. This requires heating 
at controlled rates at temperatures of 120-180 °C. The surface area of gels made by 
Method 3 is very large, 200-800 m 2 /g. The pore sizes can be varied from 1-12 nm. 

Chemical stabilization of a dried gel, step 6 in Fig. 1.10, is necessary to 
control the environmental stability of the material. Thermal treatment in the range 
of 500-900 °C desorbs surface silanols (Si-OH) and eliminates 3-membered silica 
rings from the gel. These surface chemical features are important in controlling the 
rate of HCA formation on the gel-glasses and their bioactivity. Stabilization also 
increases the density, strength and hardness of the gels and converts the network 
to a glass with network properties similar to melt-derived glasses. 

Densification of alkoxide-derived gel-glasses is completed in the range of 
900-1150 °C depending upon composition. Gel-glasses with moderate (45-69%) 
Si0 2 content and high CaO-P205 content, for example, have all pores eliminated by 
the end of a 900 °C treatment, whereas gel-glasses with high Si content require 
1000-1150 °C. Hydroxyls and adsorbed water must be removed from the gels prior 
to closure of pores or bloating and inhomogeneous microstructures will result. 
A very important advantage of the sol-gel process is the ability to control the surface 
chemistry of the material by these thermal treatments. See Chapter 32 for details. 26 


1.8. NEW DEVELOPMENTS 

See References 30-33 for discussions of significant new developments in 
the field, especially clinical applications. 
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Chapter 2 

THE USE OF ALUMINA 
AND ZIRCONIA IN SURGICAL 
IMPLANTS 

Samuel F. Hulbert 


2.1. INTRODUCTION 

The use of ceramics in medicine has increased greatly during the past three 
decades. 1-10 All materials elicit a response from living tissues. Four types of 
responses are possible, as discussed in Chapter 1. The potential of ceramics as 
biomaterials relies upon their compatibility with the physiological environment. 
Bioceramics are compatible because they are composed of ions commonly found 
in the physiological environment (calcium, potassium, magnesium, sodium, etc.) 
and of ions showing limited toxicity to body tissue (zirconium and titanium). This 
chapter deals with the two nearly inert ceramics most used in surgical implants: 
alumina and zirconia. 

Nearly inert bioceramics undergo little or no chemical change during 
long-term exposure to the physiological environment. Even in those cases where 
these bioceramics may undergo some long-term chemical or mechanical degrada¬ 
tion, the concentration of degradation product in adjacent tissue is easily con¬ 
trolled by the body’s natural regulatory mechanisms. Tissue response to 
immobilized inert bioceramics involves the formation of a very thin, several 
micrometers or less, fibrous membrane surrounding the implant material. Inert 
bioceramics may be attached to the physiological system through mechanical 
interlocking, by tissue ingrowth into undulating surfaces, or by cement fixation. 
The nearly inert ceramic most used for surgical implants is alumina. 


2.2. ALUMINA CERAMICS AS IMPLANT MATERIALS 

High-density, high purity (> 99.5 %) Al 2 O a (alumina) is used in load-bearing 
hip prostheses and dental implants because of its combination of excellent corro¬ 
sion resistance, good biocompatibility, high wear resistance and high strength. 
Although some dental implants are single-crystal sapphire, most A1 2 0 3 devices 
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are very fine-grained polycrystalline a-Al 2 0 3 , produced by pressing and sintering 
at temperatures ranging from 1600-1800 °C, depending upon the properties of the 
raw material. A very small amount of MgO (<0.5%) is used as a grain growth 
inhibitor and is essential in order to achieve a fully dense sintered body with a 
fine grain microstructure. It is very important that the amount of Si0 2 and alkali 
oxides be below 0.1%, because they impede densification and promote grain 
growth. It is also essential that the amount of CaO be below 0.1% since its 
presence leads to a lowering of the static fatigue resistance. 11,12 

Strength, fatigue resistance, and fracture toughness of polycrystalline 
a-Al 2 0 3 are a function of grain size and percentage of sintering aid, i.e., purity. 
A1 2 0 3 with an average grain size of <4 pm and >99.7% purity exhibits good 
flexural strength and excellent compressive strength. These and other physical 
properties are summarized in Table 2.1 for a commercially available implant 
material, along with the International Standards Organization (ISO) requirements 
and the proposed new standards for alumina implants. Extensive testing has 
shown that alumina implants which meet or exceed ISO standards have excellent 
resistance to dynamic and static fatigue, and resist subcritical crack growth and 
impact failure. 4 

Other typical properties of commercially available alumina implant mate¬ 
rials are listed in Table 2.2. 

An increase in average grain size to >7 pm can decrease mechanical prop¬ 
erties by about 20%. High concentration of sintering aids must be avoided 
because they remain in the grain boundaries and degrade fatigue resistance. 


Table 2.1. Physical Characteristics of A1 2 0 3 Bioceramics. 



Commercially 
Available High 
Alumina Ceramic 
Implants 

ISO 

Standard 

6474 

Proposed 
New ISO 

Standards 

Alumina content (% by weight) 

>99.7 

>99.51 


Si0 2 + Na 2 0% 

<0.02 

<0.1 


Density (g/cm3) 

3.98 


>3.94 

Average grain size (pm) 

3.6 

<7 

<4.5 

Hardness (Vickers, HV) 

2400 

>2000 


Bending strength (MP) (after 

595 

>400 

>450 

testing in Ringer’s solution) 
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Table 2.2. Other Typical Properties of Commercially Available Alumina implants. 


Surface finish Ra (pm) 0.02 

Compressive strength (Mpa) 4000-4500 

Young’s modulus (Gpa) 380-420 

Fracture toughness K lc (MN/m 3 ®) 4—6 

Implant strength (Nc n/cm 2 ) 40-50 



Figure 2.1. Stress-probability of time to fracture diagram for medical grade alumina in 
Ringer’s Solution. (Based upon M.W. Real et al . n ) 


Methods exist for lifetime predictions and statistical design of proof tests 
for load bearing ceramics. Applications of these techniques show that specific 
prosthesis load limits can be set for an A1 2 0 3 device based upon the flexural 
strength of the material and its use environment. 12 Load bearing lifetimes of 
30 years at 12,000 N loads or 200 Mpa stresses have been predicted. 11-13 Figure 2.1 
is an applied stress-probability of time to failure (SPT) diagram for medical grade 
alumina, based upon Real et al. 13 It shows that for 30 years survival with failure of 





30 


An Introduction to Bioceramics 2nd Edition 


no more than 1 in 100 components the maximum tensile stress that can be applied 
is limited to <200 Mpa. If stresses of 250 Mpa are applied to the ceramic compo¬ 
nent, within 3 years 4% of the implants are likely to fail and by 30 years 7% will 
probably fail. Use of SPT diagrams such as this, together with finite element analy¬ 
ses of local stress distributions, make it possible to design ceramic components that 
have very low probabilities of failure during the lifetime of the patient. 

Results from aging and fatigue studies show that it is essential that Al 2 O a 
implants be produced with the highest possible standards of quality assurance, 
especially if they are to be used as orthopedic prostheses in younger patients. 


2.3. USE OF ALUMINA IN TOTAL HIP PROTHESES 

Alumina ceramics are being used in hip and knee prostheses because of 
inertness, excellent biocompatibility, and high wear resistance. It is estimated that 
several million hip prostheses have been implanted, primarily with an alumina 
ball for the femoral head component, and that the number is growing by at least 
a 100,000 per year. 14 Figure 2.2 shows three femoral components of total hip 
prostheses with alumina balls. The main problem with present total hip systems, 
using ultrahigh molecular weight polyethylene as the articulating surface in the 
acetabulum, is loosening of the acetabular component caused by polyethylene 
wear debris. Numerous clinical studies indicate that using femoral heads of alu¬ 
mina ceramic bearing against alumina cup sockets reduces wear debris by a factor 



Figure 2.2. Medical-grade alumina used as femoral balls in total hip replacement. Note 
three alternative types of metallic stems used for morphological fixation. (Photography 
courtesy of J. Parr.) (Reprinted from Hench, L.L. (1991). Bioceramics: From Concept to 
Clinic, J. Am. Ceram. Soc., 74,1487-1510, by permission of the American Ceramic Society.) 
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of ten or greater and by a factor of two or better when against ultrahigh molecular 
weight polyethylene (UHMWPE) cups. 3 

The first clinical use of a total hip prosthesis with an alumina head and 
alumina socket was reported by Boutin in 1971. 5 In 1981 he reported on 1,330 
cases. There were four socket and six ball fractures, three stem fractures and 
seven incidents of severe wear. 

Wear rates ranged from 5-9 pm per year. Dorlot et al. in 1986 reported 
wear rates of less than 1 pm per year. The average wear rate reported on 20 
retrieved ceramic-on-ceramic total hip prostheses was 0.025 pm per year, which 
is far less than that observed with UHMWPE bearing on metal or ceramic heads. 15 

Winter, et al. reported on 10-14-year results using an alumina ball and 
alumina cup total hip placed in 100 patients between 1974 and 1979. 7 Twenty- 
three patients could not be reached for follow-up. Twenty-five patients had to 
have revision systems. There were eight ball fractures. Eighty percent of the 52 
remaining prostheses were reported to have good clinical results. 

Witvoet, et al. reported on 608 patients who received total hip prostheses 
consisting of a ceramic ball against a cemented alumina socket. 8 Overall probabil¬ 
ity of survival was 88% after eight years. The reason for failure was loosening at 
the cup-cement interface. Elastic modulus mismatch was assumed to be respon¬ 
sible for loosening. The survival rate of ceramic sockets was higher than with 
UHMWPE sockets in patients younger than 50 years of age. 

In 1991, Sedel et al. reported on a ten-year clinical study of 187 cemented 
ceramic-to-ceramic total hip replacements. 9 The major cause of failure was 
aseptic loosening of the acetabular component (15 failures). Fracture of the 
socket and/or the femoral head occurred in five patients. All of the mechanical 
failures occurred in components manufactured prior to 1979. Development of 
alumina ceramic which met or exceeded ISO standards has reduced the number 
of mechanical failures and, in the case of the Sedel et al. study, completely 
eliminated mechanical failures. A ten-year survival rate of 82.6% was reported. 
The outer diameter of the acetabular component was a major variable influencing 
the results. The outer diameter of the acetabular components must be at least 
50 mm. Another major factor was the age of the patient. Sedel et al. reported on 
alumina-to-alumina total hip prostheses involving 116 patients under 50 years of 
age, performed between April 1977 and August 1989. 10 The survival analysis 
gives a 98.5% probability of retaining the prosthesis for more than ten years. 

A number of clinical studies have compared wear rates of socket compo¬ 
nents of UHMWPE against alumina balls versus metal balls. There is considera¬ 
ble variation of data, but in each case the wear rate for systems with metal balls 
is much higher than with alumina balls. 
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Oonishi et al. reported a study involving 956 total hip prostheses of 
alumina balls and UHMWPE cups performed between 1977 and 1988 and 117 
prostheses involving metal heads and UHMWPE sockets performed between 
1975 and 1981. 16 The amount of wear was measured by X-ray techniques. The 
wear rate for alumina-UHMWPE combinations was 0.098 mm per year and 
0.245 mm per year for metal-UHMWPE combinations. 

Ohashi et al. reported on 318 total hip prostheses done over a period of 
13 years; 131 cases involved prostheses with metallic heads and 187 were pros¬ 
thetics with alumina heads. UHMWPE acetabular components were used in all 
cases. The amount of wear was measured using X-ray techniques. The wear 
rate was 0.025 mm per year with alumina heads and 0.043 mm per year for 
metal heads. 

Okumura reported a study conducted between 1981 and 1988, involving 
105 total hip prostheses; 73 hips using an alumina ball, the rest using metal balls 
articulated against UHMWPE sockets. 18 Socket wear was measured using X-ray 
techniques. The observed socket wear with alumina balls was 0.08 mm per year 
while it was 0.14 mm per year with metal balls. 

In 1991, Asada et al. compared the performance of a bipolar hip prosthesis 
with a Co-Cr-Mo alloy device in Beagle dogs. 19 They concluded that an alumina 
ceramic was the better articulating material. One of the most important properties 
of articulating components is the wear and friction behavior over an extended 
period of time. Comparative tests in hip joint simulators have demonstrated tribo¬ 
logic superiority of high-purity alumina ceramic systems compared with metal- 
to-metal and metal-to-UHMWPE combinations. 

Dorre reports that 16 years of clinical experiences have shown low annual 
average wear rates for alumina/alumina surfaces, shown in Table 2.3. 

In the case of alumina-UHMWPE articulating surfaces, the 20 pm refer to 
observations of explanted components and include only wear measurements. The 
130 pm refers to penetration measurements between head and acetabular 


Table 2.3. Average Annual Wear Rates of Articulating 
Surfaces in Total Hip Prosthesis. 


Materials 

Wear Rate (pm/yr) 

Co-Cr-Mo Alloy/UHMWPE 

200 

Alumina/UHMWPE 

20-130 

Alumina/Alumina 

2 
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TESTING TIME (hr) 


Figure 2.3. Time dependence of (-) coefficient of friction and (—) index of wear of 
alumina-alumina versus metal-PE hip joint (in vitro testing). (Reprinted from Hench, L.L. 
(1991). Bioceramics: From Concept to Clinic, J. Am. Ceram. Soc., 74, 1487-1510, by 
permission of the American Ceramic Society.) 


components observed by means of radiographic analysis; it includes not only 
wear but also plastic flow. The long-term coefficient of friction of an alumina- 
alumina articulating surface decreases with time and approaches the value of a 
normal healthy joint, as illustrated in Fig. 2.3. 

The outstanding frictional and wear properties of alumina ceramics are 
due to the materials’ extremely low surface roughness and to their high surface 
energy, which results in the fast and strong adsorption of biological molecules. 
These layers of adsorbed molecules provide a liquid-like covering which limits 
the direct contact of the articulating solid surfaces. The high surface energy of 
alumina is demonstrated through contact angle measurements. With the single 
phase fine-grained structure of alumina, the surface roughness is lower than for 
carbide-containing biphasic Co-Cr-Mo-alloys. Any roughness on alumina is 
inverse (due to pull out of grains) instead of the protruding asperities encountered 
with the hard metal carbides (M ? C 3 ) present in some metal alloys. The concave 
surface that is not abrasive as opposed to abrasive metallic carbide protrusions 
that abrade the UHMWPE cup is a major contributing factor to the outstanding 
wear properties of alumina ceramics. 

A very important prerequisite for the superior tribological behavior 
of alumina, particularly in the case of alumina/alumina articulation, is an 
extremely smooth polished surface with an average roughness of 0.01 pm and 
an extreme congruence of the sliding faces with a roundness deviation between 
0.1 and 1pm. The alumina ball and socket should be polished and used as a 
matched pair. 








34 


An Introduction to Bioceramics 2nd Edition 


2.4. OTHER APPLICATIONS OF ALUMINA 
AS AN IMPLANT MATERIAL 

Oonishi et al. developed and tested clinically total knee prostheses consist¬ 
ing of an A1 2 0 3 femoral component with a tibial component of UHMWPE. 20 

Inoue et al. reported a clinical study involving 52 knee prostheses consist¬ 
ing of an A1,0 3 femoral component bearing on a UHMWPE tibia component. 21 
During the period of study, 1982-1988, there were no revision cases. The Journal 
of Orthopaedic Ceramic Implants, 11 published by the Japanese Society of 
Orthopaedic Ceramic Implants, contains 12 papers on total knee prostheses 
where one or both of the articulating surfaces were made of Al,O r 

Ceramic ankle joints, elbows, shoulders, wrists, fingers, as well as applica¬ 
tions in ENT and ophthalmology and cranial surgery have been tested clinically 
with success equal to or better than other material systems, as reviewed in various 
articles. 1-3 


2.5. USE OF ZIRCONIA CERAMICS 
IN SURGICAL IMPLANTS 

Medical grade alumina has outstanding biocompatibility and wear resist¬ 
ance. However, it exhibits moderate flexural strength and toughness. For this 
reason, the diameter of most alumina femoral head prostheses has been limited to 
32 mm. Zirconia is also exceptionally inert in the physiological environment, 23,24 
and zirconia ceramics have an advantage over alumina ceramics of higher 
fracture toughness and higher flexural strength and lower Young’s modulus. 25 

Zirconia ceramics suggested for surgical implants fall into two basic types: 
tetragonal zirconia stabilized with yttria (TZP) and magnesium oxide partially 
stabilized zirconia (Mg-PCZ). Properties of zirconia are compared with alumina 
ceramic implant materials in Table 2.4. 

Zirconia may be suitable for bearing surfaces in total hip prostheses. 
However, there are three major controversies regarding zirconia. One is the 
reported strength reduction with time in physiological fluids. The second is its 
wear properties, and third is the potential radioactivity of the material. 

The deleterious martensitic transformation from tetragonal to monoclinic 
phase in yttria-doped zirconia due to aging in water and the accompanying reduc¬ 
tion in toughness is well documented. 26 However, tests in simulated body fluids 
and in animals have shown only slight decreases in fracture strength and tough¬ 
ness. 27 The observed strength after two years is still much higher than the strength 
of alumina tested under similar conditions. 
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Table 2.4. Properties of Alumina Zirconia Ceramics Used in Surgical Implants. 


Property 

Unit 

A1 2 0 3 

TZP 

Mg-PSZ 

Purity 

% 

>99.7 

97 

96.5 

Y 2 0 3 /Mg0 

% 

<0.3 

3 mol 

3.4 wt 

Density 

g/cm, 

3.98 

6.05 

5.72 

Grain size (average) 

(im 

3.6 

0.2-0.4 

0.42 

Bending strength 

Mpa 

595 

1000 

800 

Compressive strength 

Mpa 

4250 

2000 

1850 

Young’s modulus 

GPA 

400 

150 

208 

Hardness 

HV 

2400 

1200 

1120 

Fracture toughness K Jc 

MN/m 3/2 

5 

7 

8 


Streicher et al. reported on a detailed study of ceramic surfaces as wear 
partners for UHMWPE. 25 Investigation was carried out on five grades of alumina 
and zirconia in a pin-on-disc test against UHMWPE for suitability as articulating 
components for total joint prostheses. The tests showed a difference in surface 
quality between the various grades of ceramics. The UHMWPE wear rate caused 
by the ceramic counterfaces was the lowest for alumina and 20% less than in 
combination with Co-Cr-Mo-alloy. Zirconia ceramics yielded unfavorable wear 
and friction results. 

The reason for the inferior tribological behavior of zirconia ceramics 
against the non-polar UHMWPE is not understood. Alumina and zirconia ceram¬ 
ics have similar roughness and wetting characteristics. The only major difference 
in their surface properties is that alumina ceramics are much harder. 

Sudanese et al. evaluated zirconia wear resistance in a ceramic-ceramic 
coupling (ring on disc) test. 28 The wear rate of zirconia-zirconia couplings was 
5,000 times that of alumina-alumina couplings. Zirconia ceramics should not be 
used for ceramic-ceramic articulating surfaces. 

Zirconia is often accompanied by radioactive elements with a very long 
half-life, such as thorium and uranium. These elements are difficult and expensive 
to separate from zirconia. There are two types of radiation of concern in zirconia 
ceramics: gamma and alpha. The gamma radioactivity of alumina, zirconia and 
Co-Cr-alloy femoral head prostheses has been measured. 29 Alumina was found to 
have the lowest gamma radioactivity and zirconia and the Co-Cr-alloy were found 
to be approximately the same. The gamma radioactivity for the Co-Cr-alloy and 
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zirconia were found to be of the same order of magnitude as the national ambient 
radioactivity in France. 29 

The data suggest that the level of gamma radiation in commercially avail¬ 
able zirconia bioceramics is not a major concern. However, significant amounts 
of alpha radiation have been observed with zirconia ceramics intended for 
surgical implants. 30 

Alpha particles, because of their high ionization capacity, destroy soft and 
hard tissue cells. The alpha emission observed from zirconia ceramic femoral 
head prostheses is a concern. Although the activity is small, questions concerning 
the long-term effects of alpha radiation emission from zirconia ceramics must be 
answered. 

2.6. SUMMARY 

Alumina and zirconia ceramics are both exceptionally biocompatible, due 
to their chemical stability in the physiological environment. Zirconia ceramics 
have a higher fracture strength, toughness and lower modulus of elasticity than 
alumina ceramics. The phenomena of slow crack growth, static and cyclic frac¬ 
ture, low toughness, stress corrosion, deterioration of toughness with time, and 
sensitivity to tensile stresses are all serious concerns for both ceramics in high 
load bearing applications. Both alumina and zirconia ceramics undergo slight 
reduction in fracture strength with time in the physiological environment. 
Alumina and zirconia bioceramics should be restricted to designs involving 
compressive loading or limited tensile loads. 

The elastic modulus of nearly inert bioceramics is also a limitation on 
their use in the body. The Young’s modulus (in GPa) of cancellous bone has a 
range from 0.05-0.5 depending on location and age; cortical bone ranges from 
7-25. In contrast, medical grade alumina (> 99.7% A1203) has a Young’s modu¬ 
lus of 380-420 GPa and partially stabilized zirconia has a value of 150-208 GPa. 
Thus, there is a modulus mismatch between cortical bone and an alumina implant 
in the range of 15-55X. The mismatch with cancellous bone is enormous, 
760X-7600X. 3 

A consequence of a mismatch in elastic modulus is that a bioceramic 
implant will shield a bone from mechanical loading, allowing nearly all the 
mechanical load to be carried by the implant. Living bone must be under a certain 
amount of tensile load in order to remain healthy; if it is unloaded or is loaded in 
compression it will undergo biological changes which lead to resorption, weaken¬ 
ing of the bone, and deterioration of the implant-bone interface. 3 The high 
modulus of elasticity of alumina and zirconia limit their effectiveness as load 
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bearing bone interface materials. Metal alloys suffer the same limitation. The 
high modulus of elasticity of alumina does not limit its ability to serve as an 
articulating surface. 

Alumina is an excellent material for certain orthopedic applications, such 
as the ball in an artificial hip joint, because of its excellent biocompatability, low 
friction, high wear resistance, and high compressive strength. The tribological 
properties of alumina ceramics are far superior to zirconia ceramics. Alumina or 
alumina-articulating surfaces in total joint replacements have the best tribological 
properties (Table 2.5) and, even more important, the best clinical results. 


2.7. LONG-TERM CLINICAL RESULTS 

Over the last twenty years, the use of alumina in hip prosthesis has been 
well documented. 31 Clinical studies of the survivability of alumina implants has 
produced promising results. 31-34 Further studies investigated young patient 
populations 32 and the rate of wear of alumina versus other materials. 33 The 
longevity and means of failure have also been analyzed for many ceramic 
implants and much has been done to minimize the fracture rate of alumina 
implants in total hip arthroplasty (THA). 31-37 Squeaking and other small issues 
have also been documented and are some of the minor phenomena associated 
with use of ceramic implants. 38 

In 2010, Petsatodis et al. reported data on a 20-year clinical trial consisting 
of 100 patients who had in total 109 cementless alumina ceramic on ceramic 
primary THA. 31 The mean age of patients at the beginning of the study was 
46 years old and 78 individuals of the initial patient population were available for 
the last follow-up at 20.8 years. The study was performed to measure the surviv¬ 
ability of the implants in the individuals. The results of the study, measured with 
the Charnley modification of the Merle d’Aubigne-Postel scale, 31 were excep¬ 
tional at the time of the last follow-up. Of the 78 individuals in the final 


Table 2.5. Ranking of Articulating Surfaces for 
Total Joint Systems. 


Superior 

A1 2 0 3 on A1 2 0 3 

Excellent 

A1 2 0 3 on UHMWPE 

Good 

Co-Cr-Mo on UHMWPE 


Ti-6A1-4V on UHMWPE 

Poor 

Metal on Metal 
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Figure 2.4. Clinical results of alumina in comparison to the calculated probability 
Kaplan-Meier model. (Based upon Petsatodis el al?') 


follow-up, 68% reported excellent quality, 19% were good, 9% were fair, and 4% 
were in poor condition. “The cumulative rate of survival of the prostheses was 
84.4% at 20.8 years.” 31 

The cumulative survival rate from the clinical investigation published by 
Petsatodis et al. was compared with the Kaplan-Meier probability for survival in 
Fig. 2.4. 31 The results agreed closely with the calculated probability of survival. 
In another study by Petsatodis et al., which consisted of 220 patients with a mean 
follow-up of 13.7 years, there was a cumulative survival rate of 90.0%. 31 These 
results are of the same magnitude as the data shown in Fig 2.4. 

For young individuals needing THA, the cause for implantation is usually 
more severe and survivability of implantation tends to be low. The results of a 
clinical study with alumina THA in individuals less than 30 years of age, pub¬ 
lished in 2008 by Nizard et al., demonstrated poor results when compared to 
studies with older individuals. 32 The study investigated 101 patients who under¬ 
went THA with different past medical histories. The survivability of the patients 
was measured and then compared to their disease states. Of the initial 101 patients, 
94 patients were available for follow-up. Failing to survive was defined as failure 
of either the acetabular or femoral components of the implant. At 10 years, 82.1% 
of implants had survived (72.4%-91.8% at 95% confidence interval), and at 
15 years 72.4% of implants had survived (57.2%-87.6% at 95% confidence 
interval). The mean follow-up was 6.9 + 4.7 years with a range of 1-26.5 years; 
there was a minimum follow-up of 1 year. 

Analysis of the survival rate showed that some of the failures may be related 
to the disease state of the individuals prior to the THA and the method of cup and 
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stem fixation. 32 Comparison of the root disease states of the THA revealed differ¬ 
ences in survivability. The rate of THA survivability was 64.9% at 8 years for 
patients with slipped capital femoral epiphysis, 65.5% at 14 years for patients with 
posttraumatic arthritis, and 85.7% at 15 years for individuals with osteonecrosis. 
For individuals in the study with osteonecrosis as a cause of THA, the survivability 
was of the same magnitude as that seen in older patients in Fig. 2.4. 31 ' 32 The use of 
cemented stems and cups was the common method of fixation for THA of the 
patients in this study. The use of cement has been found to be potentially associated 
with separation of the lining with the acetabular cup; cementless cups and stems are 
now considered superior in quality for alumina THA. It is suggested that the use of 
cement in THA in this study was a contributing factor to the low survivability. 
“Improvements in the design and in the mode of fixation of this component should 
enhance the long-term results because very limited osteolysis was observed.” 32 

Studies involving both young (for newer implant designs) and old patients 
are demonstrating relatively high survivability for alumina implants in THA. 31-35 
Some of the factors involved in the longevity of THA are the wear of the liner that 
the femoral head rotates in and the strength of the implant to resist fracture. 
Measurement of wear is important because the release of certain materials into 
the body may result in undesirable effects and ruin the quality of the implant’s 
functionality. Radiographic images are used to measure the depth of wear. The 
wear of the liner can then be compared by a multitude of means: the depth of the 
cup surface that has been worn or eroded; the volume of cup surface that is lost 
per year; or the cumulative volume of cup surface lost in total. 33 

The wear caused by alumina and other materials was documented in 2003 
by Hernigou and Bahrami in a ten-year study with 136 patients. 33 Fifty-six of the 
patients had alumina femoral heads, 40 had zirconia heads, 20 had stainless-steel 
32 mm heads, and 20 had stainless-steel 28 mm heads. All of the patients had 
polyethylene liners in the acetabular cup. The cumulative volume of wear of the 
polyethylene liner was compared between the alumina and zirconia and is seen in 
Fig. 2.5. A significant difference can be seen between the alumina and the zirco¬ 
nia over extended periods of time. The mean rate of wear (measured as linear 
penetration into a polyethylene liner) at five years was 0.040 mm/year for alu¬ 
mina, 0.072 mm/year for the stainless-steel 32 mm, 0.036 mm/year for the 
stainless-steel 28 mm, and 0.043 mm/year for the zirconia. At 12 years, the mean 
rate of wear was 0.071 mm/year for alumina, 0.192 mm/year for stainless-steel 
32 mm, 0.134 mm/year for stainless-steel 28 mm, and 0.412 mm/year for zirco¬ 
nia. 33 The significant difference between the polyethylene fining wear rates, par¬ 
ticularly of zirconia at 12 years, may be related to the thermal conductivities of 
the materials, changes in surface roughness over time, and crystal structure. 33 
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Figure 2.5. Time dependence of mean volume wear of polyethylene lining from alumina 
and zirconia femoral heads. (Based upon Hemigou et al. 61 ) 

The rate of wear was also found to be greater in zirconia than alumina in 
another study, recorded in 2007 by Liang et al. 36 The study consisted of 
103 patients with a total of 118 primary cemented THA in which 22 mm alumina 
or zirconia heads with titanium alloy femoral stems in polyethylene acetabular 
linings were used. The wear of the lining was measured with a mean follow-up 
of 5.4 years with a minimum follow-up of five years. The alumina heads had a 
mean rate of 0.078 + 0.044 mm/year (range of 0.02-0.27 mm/year) of linear wear 
into the lining and the zirconia heads had a mean rate of 0.133 + 0.073 mm/year 
(range of 0.01-0.40 mm/year) of linear wear into the lining. The study found that: 

[The] results after a minimum follow-up of 5 years showed that both the mean linear 
and volumetric wear rates were significantly greater in the zirconia group as com¬ 
pared with the alumina group. 36 

Material wear is often a factor in implants, but structural failure is one of 
the worst possible results for implantation longevity. Structural failure associ¬ 
ated with implantation can be related to the structural geometry of the implant, 
the material of the implant, and other factors. 34,37 The use of poor quality alu¬ 
mina was found to be a cause for many of the previous fractures and failures 
seen in the past. 37 With newer materials, the percentage of ball fractures has 
become relatively low. In 1995, The American Hip and Knee Association per¬ 
formed a survey of 5,023 ceramic femoral heads and found that 11 had 
fractured. 37 In addition, three of the 11 failures were found to have been made 
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from a poor quality production method. More often, failure in THA is related to 
the acetabular cup or the femoral component that holds the head. A study sub¬ 
mitted to the Food and Drug Administration (FDA) in 1997 described 1,717 
failure cases and only 1% of the cases were related to failure of the femoral 
head. Other failures were from fracture of other components of the implant; 
38% being related to the acetabular cup, and 18% were related to the femoral 
component and/or stem. 37 

Aside from wear and fracture, some minor issues have also been recorded 
during clinical trials. Certain patients experience squeaking or clicking from the 
implant during motion. Data from a clinical study published in 2011 by Schroder 
et al. surveyed 362 patients about sounds generated by their implant and 41 
claimed they experienced noise that was audible to individuals other than 
themselves. 38 Patients claiming there was squeaking or that sound was audible 
did not correlate this with pain, and it did not reduce their quality of life. No 
relationship was found between implant wear and squeaking. 38 

2.7.1. Zirconia Clinical Results 

Recent studies with zirconia have raised concern for many individuals 
about the quality of zirconia as a material for use in THA. 33,36 ’ 37 ' 39 While the 
strength of zirconia is high, low survivability has led some physicians to aban¬ 
don the use of zirconia in their practice. 33 ' 39 The wear rates of zirconia have also 
been measured and compared with other materials and have shown poor wear 
characteristics. 33 In 1999, Allain et al. published a study of zirconia heads on 
polyethylene cups that included 100 patients, 78 of which were reviewed and 61 
were analyzed in detail. 39 The mean follow-up was 5.8 years with a range of one 
to nine years. At the last follow-up of eight years, survivorship had reduced 
to 63% of patients. The yearly results in comparison to the Kaplan-Meier 
probability for this eight year analysis are seen in Fig. 2.6. 

Studies on other uses for zirconia have also demonstrated poor results. 
A publication released in 2001, by Norton et al. revealed the results of 29 total hip 
replacements (THR) of zirconia heads with Hylemar linings in 26 patients. 40 At five 
years, the survival rate had dropped to below 40%. All patients in the study were 
below the age of 60, with a mean age of 49.2 years old. Much of the failure is thought 
to be related to the poor wear characteristics of Hylemar linings in combination with 
the wear characteristics associated with zirconia femoral heads. Norton et al. con¬ 
cluded “We feel that it is likely that all of those patients will require revision surgery 
within ten years.” 40 This data suggests that Hylemar is a poor choice for use as a liner 
material when compared with polyethylene liners and zirconia femoral heads. 
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Figure 2.6. Mean volume wear of polyethylene lining from alumina, zirconia and stain¬ 
less steel femoral heads. (Based upon Hemigou et al . 33 ) 


2.8. OTHER MATERIALS AND MANUFACTURERS 

Other materials aside from alumina and zirconia have also been used for 
THA, total knee replacement (TKR), THR, and other implantation procedures. 
Silicon nitride and surface coatings of diamond-like carbon are some newer mate¬ 
rials that are starting to he tested. 37 Stainless steel and cobalt chrome alloy (CoCr) 
have commonly been used as implant metals for many past applications. 37 Ceramic 
composites have also been explored for use in certain implantation procedures. 
Zirconia toughened alumina (ZTA) and magnesium oxide partially stabilized zir¬ 
conia (Mg-PSZ) are available for clinical investigation and yttria-stabilized 
tetragonal zirconia (Y-TZP) has been withdrawn from clinical trials. 37 

Breakdown of materials at the metal-ceramic interface has been shown to 
cause inflammation at the implantation site and in some cases has resulted in 
implant loosening. 37 Much data have been found to support the use of ceramics 
as an implant material. Metals have significantly less brittleness and thus are 
more resistant to fracture, but the wear and survivability of ceramics has been 
found to be more favorable in some clinical trials. 36 The use of different liners for 
the acetabular components of THA and THR is also critical in the resulting wear 
characteristics. Hylemar liners have shown poor wear results in studies; 40 alumina 
liners on alumina heads have shown excellent results (<5 im/year); carbon fiber 
UHMWPE has also shown great results with alumina heads (<4 ;m/year); normal 
UHMWPE has shown much higher wear rates: <100 im/year on Y-TZP and 
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Table 2.6. Manufacturers and Producers of Bioceramics and Other Materials. 


Materials 

Manufacturers of Parts or Entire Prosthesis 

Alumina 

Feldmiihle Aktiengesellschaft, Kobe Steel Co Ltd , Metoxit, 
CeramTec, Kyocera, Ceraver and Morgan Matroc 

Zirconia (Y-ZTP) 

Kobe Steel Co Ltd, Desmarquest, Kyocera, Metoxit and 
Morgan Matroc 

Zirconia (Mg-PSZ) 

Xylon, Signal, Biopro 

Silicon Nitride 

Amedica 

Cobalt Chrome 

Surface Modifications 
and Coatings 

ThyssenKrupp 

Diamond Like Carbon 

Diamicron 

Oxidized Zirconium 

Smith and Nephew 


alumina, and 200 im/year on CoCr; and Y-TZP heads on Y-TZP liners have shown 
detrimental results. 37 

A variety of different manufacturers are available for the production of 
implant materials. A table of different manufacturers for many of the materials in 
this chapter is seen in Table 2.6. 


2.9. CONCLUSIONS 

The use of ceramics as implants has increased over the last few decades. 
Alumina implants have shown excellent wear characteristics and survivability. 
Implants made of zirconia have demonstrated results that are less favorable and 
some clinics have reduced the use of zirconia-containing prostheses. For many 
procedures, alumina ceramic balls and UHMWPE liners and alumina ceramic 
on ceramic implants have shown the best results. While newer materials are still 
being tested, the current alumina bioceramics show sufficiently high survivabil¬ 
ity that it is difficult to demonstrate statistically significant improvements for 
new designs or materials since data out to 20 years is required. More data with 
longer-term studies is necessary for younger patient populations as this is still a 
significant problem. Additionally, further studies must also be performed to 
evaluate the importance of implant material with the disease state necessitating 
the implant. 
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Chapter 3 

BIOACTIVE GLASSES 

Larry L. Hench and Orjan Andersson 


3.1. INTRODUCTION 

It was discovered by Hench and colleagues in 1969 that bone can bond 
chemically to certain glass compositions. 1 This group of glasses has become 
known as bioactive glasses, based upon the following definition: “A bioactive mate¬ 
rial is one that elicits a specific biological response at the interface of the material 
which results in the formation of a bond between the tissues and the material .” 2-5 
Bioactive glasses have numerous applications in the repair and reconstruction of 
diseased and damaged tissue, especially hard tissue (bone). Clinical applications 
are discussed in reviews 3-5 and Chapters 6-12 and 30-34. One aspect that makes 
bioactive glasses different from other bioactive ceramics and glass-ceramics is the 
possibility of controlling a range of chemical properties and rate of bonding to 
tissues. The most reactive glass compositions develop a stable, bonded interface 
with soft tissues, as shown by Wilson. 6,7 It is possible to design glasses with proper¬ 
ties specific to a particular clinical apphcation. This is also possible with some 
glass-ceramics, but their heterogeneous microstructure restricts their versatility. 


3.2. PROCESSING 

Bioactive glasses are produced by conventional glass manufacturing meth¬ 
ods (Chapter 1). Contamination of the glass must be avoided in order to retain the 
chemical reactivity of the material. Purity of raw materials must be assured. 
Analytical grade compounds are typically used for most components. Silica can 
be added in the form of high purity (flint quality) glass sand, since chemically 
prepared silicas are difficult to handle without adsorption of water and agglom¬ 
eration. The choice of raw materials can affect the properties of the glass. 
Andersson has shown that the use of calcium phosphate compounds that contain 
crystal water result in glasses that crystallize more easily than if crystal water-free 
compounds are used. 8 This effect is due to the dissolution of OH ions in the glass 
structure and the associated decrease of viscosity. See Chapter 22 for a discussion 
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of the effects of viscosity on glass formation and crystallization. Preferential 
vaporization of fluxes will also affect glass viscosity and tendency to crystallize 
or phase separate, as well as alter the final glass composition. 

Weighing, mixing, melting, homogenizing and forming of the glass must 
be done without introducing impurities or losing volatile constituents, such as 
Na^O or P 2 0 5 . Melting is usually done in the range of 1300-1450 °C, depending 
on composition. The phase equilibrium diagram for the Na,0-Ca0-Si0 2 system 
shows a ternary eutectic very near the 45S5 glass composition (Table 3.1), which 
was the original basis for selecting this composition for investigation. There is a 
very steep liquidus as the composition increases in Si0 2 content, which greatly 
affects the melting and homogenization behavior of the glass. Only platinum or 
platinum alloy crucibles or glass melter should be used to avoid contamination of 
the melt. 

Bulk specimens can be formed by casting or injection molding in graph¬ 
ite or steel molds. Annealing is crucial, 450-550 °C, because of the high coef¬ 
ficient of thermal expansion of the bioactive glass compositions. Each type of 
device must have its own annealing schedule established. Bioactive glasses are 
soft glasses and final shapes can be easily made by machining. Standard 
machine tools or dental handpieces can be used. Diamond-cutting tools are pre¬ 
ferred with copious irrigation, although dry grinding is also possible. If a granu¬ 
lated or powdered material is required, the melt can be rapidly quenched in 
water or air before grinding and sieving into the desired particle sizes. The glass 
frit (see Chapter 37) should be rapidly dried to avoid corrosion while in contact 
with water. Other processing methods used for bioactive glass coatings are 
described in Chapter 22. Composites made with bioactive glasses are discussed 
in Chapter 25. 


3.3. COMPOSITIONS 

The base components in most bioactive glasses are Si0 2 , Na 2 0, CaO, 
and P 2 O s (Table 3.1). The first, and most well-studied composition, termed 
Bioglass® 45S5 (Registered trademark University of Florida, Gainesville, FL), 
contains 45% Si0 2 , 24.5% Na 2 0, 24.4% CaO and 6% P 2 O s , all in weight percent. 1 
The 45S5 composition in mole percent is given in Table 3.1, along with many other 
compositions investigated for surface reaction kinetics. Hench and coworkers have 
studied a series of glasses in this four-component system with a constant six weight 
percent P,0. content. This work is summarized in the ternary Si0 2 -Na 2 0-Ca0 
diagram shown in Fig. 3.1. The figure establishes the bioactive-bonding-boundary 
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Table 3.1. Glass Compositions by Mole %. 


Designation 

Si0 2 

Na 2 ° 

CaO 

CaF 2 

P 2 0 5 

B 2 0 3 

A1 2 0 3 

45S5.4F 

46.1 

24.4 

16.2 

10.8 

2.6 

0 

0 

45S5 

46.1 

24.4 

26.9 

0 

2.6 

0 

0 

#1(S63.5P6) 

65.7 

15.0 

15.5 

0 

2.6 

0.4 

0.6 

#9(S53P4) 

53.9 

22.6 

21.8 

0 

1.7 

0 

0 

#10(S45P7) 

46.6 

24.1 

24.4 

0 

3.0 

1.8 

0 

52S4.6 

52.1 

21.5 

23.8 

0 

2.6 



55S4.3 

55.1 

20.1 

22.2 

0 

2.6 



60S3.8 

60.1 

17.7 

19.6 

0 

2.6 



42SF 

42.1 

26.3 

17.4 

11.60 

2.6 



46SF 

46.1 

24.4 

16.14 

10.76 

2.6 



49SF 

49.1 

23.0 

15.18 

10.12 

2.6 



52SF 

52.1 

21.5 

14.28 

9.52 

2.6 



55SF 

55.1 

20.1 

13.32 

8.88 

2.6 



60SF 

60.1 

17.7 

11.76 

7.84 

2.6 



49S(gg) 

50. 

0 

46. 

0 

4. 



54S(gg) 

55. 

0 

41. 

0 

4. 



58S(gg) 

60. 

0 

36. 

0 

4. 



63S(gg) 

65. 

0 

31. 

0 

4. 



68S(gg) 

70. 

0 

26. 

0 

4. 



72S(gg) 

75. 

0 

21. 

0 

4. 



77S(gg) 

80. 

0 

16. 

0 

4. 



86S(gg) 

90. 

0 

6. 

0 

4. 




(gg) = gel-glass 9 


of compositions. 2-5 In region A the glasses are bioactive and bond to bone. In the 
middle of this area a smaller region is indicated (broken line), within which soft 
tissue bonding also occurs. Glasses in region B behave as nearly-inert materials and 
are encapsulated by non-adherent fibrous tissue when implanted. Compositions in 
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Figure 3.1. Compositional dependence (in weight percent) of bone bonding and soft- 
tissue bonding of bioactive glasses and glass-ceramics. All compositions in region A have 
a constant 6 weight percent of P 2 0 5 , AAV glass-ceramic has higher P 2 0 5 content. Region E 
(soft-tissue bonding) is inside the dashed line, where I B > 8. ((*) 45S5 Bioglass®, (A) 
Ceravital®, (•) 55S4.3 Bioglass®, and (—) soft-tissue bonding; I B =100/t OJbh .) (Reprinted 
from Hench, L.L. (1991). Bioceramics: From Concept to Clinic, J. Amer. Ceram. Soc., 74, 
pp. 1487-1570, with permission.) 


region C are resorbed within 10 to 30 days in tissue. In region D the compositions 
are not technically practical and have not been implanted. The boundary between 
region A and C depends upon the ratio of surface area of the glass to the effective 
solution volume of the tissue, as well as the glass composition. Fine glass powders 
resorb more quickly than bulk implants. 

Partial substitution of CaO by CaF 2 does not significantly alter the bone¬ 
bonding behavior. The fluoride additions, however, reduce the rate of dissolution 
and affect the location of the A-C boundary in Fig. 3.1. Substitutions of MgO for 
CaO or K 2 0 for Na 2 0 also have little effect on bone bonding. B 2 0 3 and At,0 3 
have also been used in bioactive glasses to modify processing schedules and rates 
of surface reaction. 

Alumina is especially important in controlling glass surface durability and 
melting and forming characteristics. However, it is well established that A1 2 0 3 , in 
contrast to B 2 0 3 , can inhibit bone bonding. The amount of alumina that is toler¬ 
ated depends on glass composition, but is generally in the order of 1.0-1.5 weight 
percent. More alumina can be added to a glass with a high reactivity (high bioac¬ 
tivity) than to a glass which reacts more slowly. The dimensions of the bone¬ 
bonding boundary (region A in Fig. 3.1) shrink as the percent of A1 2 0 3 increases. 
Gross and coworkers have shown that the same effect occurs for other multivalent 
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cations, such as Ta 2 O s . Additions of more than 1.5-3% of multivalent ions usually 
make the glass inactive. 10 

In a multi-component system like the Si0 2 -Na,0-Ca0-P 2 0 5 -B 2 0 3 -Al 2 0 3 
system, it is not possible to find a simple relationship between composition and 
tissue bonding that can be expressed in a two-dimensional diagram, such as 
Fig. 3.1. Andersson etal. described the in vivo behavior of glasses in this complex 
system with a phenomenological model developed by regression analysis. 8 The 
method predicts the in vivo behavior of glasses within certain compositional 
ranges. The prediction is based upon empirically-determined factors and makes it 
possible to select glasses for specific applications without having to test them in 
animals. This method of compositional optimization is described in Chapter 22. 
It works because glass is an amorphous material and most properties are additive, 
within certain compositional limits. 

The role of phosphate in bioactive glasses is interesting. Early on it was 
assumed that P 2 O s was required for a glass to be bioactive. However, it is now 
known that phosphate-free glasses, as well as glass-ceramics in which the phos¬ 
phate is bound in a siable, relatively insoluble apatite phase, are bioactive. 
Kokubo and coworkers have shown that the minimal melt-derived glass compo¬ 
sitional system for bioactivity is CaO-Si0 2 , with a compositional limit of about 
60 mole percent (Chapter 13). Li et al. have shown that gel-derived glasses in the 
Na 2 0-Ca0-Si0 2 are bioactive even up to 85 mole percent Si0 2 (Table 3.1). 9 This 
very broad range of bioactive compositions makes it possible to tailor the reactiv¬ 
ity of the glasses for various applications, as discussed in Chapter 32. The role of 
phosphate in the glass appears only to aid in the nucleation of the calcium phos¬ 
phate phase on the surface but is not a critical constituent because the surface will 
adsorb both calcium and phosphate ions from solution. 


3.4. PROPERTIES 

The primary advantage of bioactive glasses is their rapid rate of surface 
reaction, which leads to fast tissue bonding. Their primary disadvantage is 
mechanical weakness and low fracture toughness due to an amorphous two- 
dimensional glass network. The tensile bending strength of most of the composi¬ 
tions in Table 3.1 is in the range of 40-60 MPa, which make them unsuitable for 
load-bearing applications. Mechanical properties of bone are discussed in 
Chapter 1. For some applications low strength is offset by the glasses’ low modu¬ 
lus of elasticity of 30-35 GPa. The importance of this value, which is close to that 
of cortical bone, is discussed in Chapter 1. The low strength does not influence 
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the utility of bioactive glasses as a coating, where interfacial strength between 
metal and the coating is the limiting factor. Low strength also has no effect on use 
of bioactive glasses as buried implants, in low-loaded or compressively loaded 
devices, in the form of powders or as the bioactive phase in composites. A new 
generation of highly bioactive glass-ceramics that also have high strength is 
described in Chapter 34. 


3.5. REACTION KINETICS 

The basis of the bone-bonding property of bioactive glasses is the chemi¬ 
cal reactivity of the glass in body fluids. The surface chemical reactions result in 
the formation of a hydroxycarbonate apatite (HCA) layer to which bone can 
bond. Bonding occurs due to a sequence of reactions. See Hench et aV for a 
detailed summary and extensive list of references. On immersion of a bioactive 
glass in an aqueous solution, three general processes occur: leaching, dissolution 
and precipitation. Leaching is characterized by release, usually by cation 
exchange with H + or H 3 0 + ions, of alkali or alkaline earth elements. Ion exchange 
is easy because these cations are not part of the glass network; they only modify 
the network by forming non-bridging oxygen bonds (Chapter 1). The release of 
network-modifying ions is rapid for glasses in the bioactive compositional region 
(Region A in Fig. 3.1). This ion exchange process leads to an increase in interfa¬ 
cial pH, to values >7.4. 

Network dissolution occurs concurrently, by the breaking of -S-O-Si-O- 
Si- bonds through the action of hydroxyl (OH) ions. Breakdown of the network 
occurs locally and releases silica into solution in the form of silicic acid 
[Si(OH)J. The rate of dissolution of silica depends very much on glass composi¬ 
tion. The dissolution rate decreases greatly for compositions of >60% Si0 2 
because of the larger number of bridging oxygen bonds in the glass structure. The 
hydrated silica (SiOH) formed on the glass surface by these reactions undergoes 
rearrangement by polycondensation of neighboring silanols, resulting in a silica- 
rich gel layer. 

In the precipitation reaction, calcium and phosphate ions released from the 
glass, together with those from the solution, form a calcia-phosphate-rich (CaP) 
layer on the surface. When formed in vitro, the CaP layer is mainly located on top 
of the silica gel, whereas in vivo it is formed within the gel layer. The calcium 
phosphate phase that accumulates in the gel surface is initially amorphous 
(a-CaP). It later crystallizes to an HCA structure by incorporating carbonate ani¬ 
ons from solution within the a-CaP phase. The mechanism of nucleation and 
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Figure 3.2. Bilayer films formed on 45S5 Bioglass® after 1 h in rat bone, in vivo 
(1 A = 10 _1 mm). (Reprinted from Hench, L.L. (1991). Bioceramics: From Concept to 
Clinic, J. Amer. Ceram. Soc., 74, 1487-1570, with permission.) 


growth of the HCA layer appears to be the same in vitro and in vivo, and is accel¬ 
erated by the presence of hydrated silica. 

Figure 3.2 shows the CaP and silica-rich layers formed on a 45S5 bioac¬ 
tive glass within one hour of implantation in a rat bone. The implant was removed 
as the bonding sequence was beginning. The data were obtained using Auger 
electron spectroscopy (AES) combined with Ar ion milling. The analysis is of 

50 A “slices” of material, which combined together yields a compositional profile 
of the reaction interface. The silica-rich layer has formed to a thickness of more 
than 12,000 A (>1 pm). The CaP layer is already 0.8 pm thick after one hour of 
reaction. Biological molecules are bonded within the bilayer to a depth of 0.1 pm, 
as indicated by the C and N signals in the outer layer of the surface. It is important 
to note that the mixed organic-inorganic bonding occurs within a region that has 

51 as well as Ca and P present. 

Thus, the reactions on the implant side of the interface with a bioactive 
glass are: 

Stage 1: Leaching and formation of silanols (SiOH) 

Stage 2: Loss of soluble silica and formation of silanols 
Stage 3: Polycondensation of silanols to form a hydrated silica gel 
Stage 4: Formation of an amorphous calcium phosphate layer 
Stage 5: Crystallization of a hydroxycarbonate apatite layer. 
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Table 3.2. Reaction Stages of a Bioactive Implant. 

STAGE 


1 Rapid exchange of Na + or K + with H + or H 3 0 + from solution: 

Si - O - Na + +H + + OH- Si-OH + + Na + ( solution ) + OH“ 

This stage is usually controlled by diffusion and exhibits a t~ m dependence. 

2 Loss of soluble silica in the form of Si(OH) 4 to the solution, resulting from 
breaking of Si-O-Si bonds and formation of Si-OH (silanols) at the glass 
solution interface: 

Si - O - Si + H 2 0 —> Si - OH + OH - Si 
This stage is usually controlled by interfacial reaction and exhibits a t 10 
dependence. 

3 Condensation and repolymerization of a Si0 2 -rich layer on the surface depleted 
in alkalis and alkaline-earth cations: 

o o o o 

O - Si - OH + HO - Si - O -> O - Si - O -Si - O + H 2 0 

6 6 6 6 

4 Migration of Ca 2+ and P04~ groups to the surface through the Si0 2 -rich layer 
forming a Ca0-P 2 0 5 -rich film on top of the SiO,-rich layer, followed by 
growth of the amorphous CaO-P,0 5 -rich film by incorporation of soluble cal¬ 
cium and phosphates from solution. 

5 Crystallization of the amorphous Ca0-P 2 0 5 film by incorporation of OH", CO3 - , 
or F" anions from solution to form a mixed hydroxyl, carbonate, fluorapatite layer. 


Table 3.2 summarizes these five reaction stages in more detail. 4 ' 5 See the 
reference list for details of the experiments used to generate this reaction sequence. 

For a bond with tissue to occur a layer of biologically active HCA must form. 
This appears to be the only common characteristic of all the known bioactive implants. 
The rate of tissue bonding appears to depend on the rate of HCA formation. 

The kinetics of the reaction stages depend on the glass composition. 
Fourier transform infrared reflection (FTIR) spectroscopy can be used to deter¬ 
mine the reaction rates and mechanism of all five stages of reaction. Figure 3.3 
shows the FTIR spectra (using a diffuse reflection stage) of a 45S5 Bioglass® 
implant after 0, 1 and 2 hours in tris-buffer solution at 37 °C. The spectra are 
equivalent to those obtained using a simulated body fluid (see Chapter 37). The 
peak identifications are based upon previous assignments of IR spectra 
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Figure 3.3. FTIR spectra of a 45S5 Bioglass® implant after 0, 1, and 2 h in TBS at 37 °C. 
(Reprinted from Hench, L.L. (1991). Bioceramics: From Concept to Clinic, J. Amer. 
Ceram. Soc., 74, 1487-1570, with permission.) 


(see Chapter 17). The alkali-ion-hydronium ion exchange and network dissolution 
(Stages 1 and 2 in Table 3.2) rapidly reduces the intensity of the Si-O-Na and Si- 
O-Ca vibrational modes and replaces them with Si-OH bonds that have only one 
nonbridging oxygen (NBO) ion. Alkali content is depleted to a depth >0.5 |im 
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SURFACE REACTION STAGES 



Figure 3.4. Time-dependent changes in IR vibrations of the surface of 45S5 Bioglass® 
implant in a 37°C TBS. (Reprinted from Hench, L.L. (1991). Bioceramics: From Concept 
to Clinic, J. Amer. Ceram. Soc., 74, 1487-1570, with permission.) 

within a few minutes. Auger electron spectroscopy (AES) showed that by 2 min¬ 
utes, alkali ion depletion occurred to depths >0.1 pm. 4 ' 5 

As the Stage 1 and 2 reactions continue, the single Si-OH NBO modes are 
replaced by 

H 

O 

I 

-O-Si-OH 

I 

O 

I 

i.e., Si-2NBO stretching vibrations which are in the range of 930 cm -1 , decreas¬ 
ing to 880 cm -1 . By 20 minutes, the Si-2NBO vibrations are largely replaced by 
a new mode assigned to the Si-O-Si bond vibration between two adjacent Si0 4 
tetrahedra (Fig. 3.4). 
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This new vibrational mode corresponds to the formation of the silica-gel 
layer by the Stage 3 (Table 3.2) polycondensation reaction between neighboring 
surface silanols. This mode decreases in frequency until it is hidden after one 
hour by the growing CaP-layer. 

As early as ten minutes, a P-O bending vibration associated with forma¬ 
tion of an amorphous CaP layer appears. This is due to precipitation from solution 
(Stage 4 in Table 3.2). Clark et al. showed (using AES) that by two minutes Ca 
and P enrichment occurred on the glass surface to a depth of approximately 
20 nm. Ogino et al. showed (with AES) that by one hour the CaP layer grew to 
200 nm in thickness. 11 

Within 40 minutes (Fig. 3.4) the P-O bonding vibration is strong and 
exhibits a continually decreasing frequency as the CaP-rich layer builds. At about 
1.5 + 0.2 h, the P-O bending vibration associated with the amorphous calcium 
phosphate layer is replaced by two P-O modes (Fig. 3.3) assigned to crystalline 
apatite. Concurrent with the onset of apatite crystallization (Stage 5 in Table 3.2) 
is the appearance of a C-O vibrational mode associated with the incorporation of 
carbonate anions in the apatite crystal lattice, as discussed by LeGeros and 
LeGeros in Chapter 17. The crystals are nucleated and grow as HCA, the same 
phase as biological HCA formed in mineralizing tissues. The reason for the 
equivalence is the similarity of nucleating mechanisms and physiological growth 
conditions. 

The C-0 mode decreases in wave number as the HCA layer grows. By ten 
hours the HCA layer has grown to 4 pm in thickness, which is sufficient to domi¬ 
nate the FTIR spectra and mask most of the vibrational modes of the silica-gel 
layer or the bulk-glass substrate. By 100 hours the polycrystalline HCA layer is 
thick enough to yield X-ray diffraction (XRD) results, as discussed in Chapter 37. 
The primary 26 and 33 20 peaks of HCA are visible with considerable line 
broadening. By two weeks the FTIR spectra show three P-O vibrational modes 
and the XRD data are equivalent to biological HCA grown in vivo. 

Thus, the bioactive glass implant surface provides a substrate that is favora¬ 
ble for the rapid nucleation and growth of biologically-equivalent HCA (Stage 5 
in Table 3.2). Differences in the in vivo behavior of various glass compositions are 
due to the differences in the rate of Stage 5, HCA formation. Table 3.3 summarizes 
a series of investigations of the effects of glass composition and solution composi¬ 
tion on the kinetics of reaction Stages 1-5. The sequence of surface reactions is 
independent of solution composition. 4 5 However, the presence of Ca and P in a 
simulated body fluid (SBF) solution accelerates to a small extent the repolymeri¬ 
zation of silica (Stage 3) and formation of the amorphous calcium-phosphate 


Table 3.3. Time for Onset of Reaction Stages 1, 2, 3, 4 and 5 for Bioactive Glasses. 


Time (min) in tris buffer 

Composition 

1 

2 

10 

20 

40 

60 

90 

120 

150 

360 

720 

1440 

3600 

4320 

12000 

45S5.4F(2) 

1+2 


3+4 





5 








45S5 (old) (2) 

1+2 




3+4 



5 








45S5 (new) 

1+2 


3+4 





5 








Composition #1 (S63.5P6) 

NO SPECTRAL CHANGES NOTED 

Composition #9 (S53P4) 

1+2 






3 






5 


Composition #10 (2) (S45P7) 

1+2 



3+4 





5 






42SF 

1+2 


3+4 




5 







46SF 

1+2 


3+4 



5 








49SF 

1+2 


3+4 



5 








52SF 

1+2 


3+4 




5 






55SF 


1+2 




3+4 





5 



60SF 




1+2 




3 





4 

49S(Gel-Glass) 



5 













54S(Gel-Glass) 



5 













58S(Gel-Glass) 



5 













63S(Gel-Glass) 





1-5 











68S(Gel-Glass) 





1-5 











72S(Gel-Glass) 





1-5 











77S(Gel-Glass) 












5 




86S(Gel-Glass) 















5 
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Figure 3.5. Effect of glass composition on time for onset of crystallization of hydroxy- 
carbonate apatite (HCA) on the surface in TRIS buffer or simulated body fluid (K-9) 
solutions. 


(a-CaP) layer (Stage 4). The major effect of solution composition is on the crystal¬ 
lization of HCA (Stage 5). Figure 3.5 shows that the process of HCA crystalliza¬ 
tion is the same for the various glasses and the tris-buffer or SBF solution K-9, the 
only difference is the rate of crystallization. The rate of crystallization increases to 
a small extent in Ca- and P- containing SBF solutions (in 90 minutes rather than 
120 minutes). However, Mg ions in SBF slow down formation of the a-CaP layer 
and greatly retard crystallization of HCA on the glass surface. 

Table 3.3 and Fig. 3.5 show that most of the effects of glass composition 
are on the time required for HCA crystallization. This finding makes it possible 
to summarize the relationship between surface reaction rates of bioactive glasses 
and their in vivo behavior. Figure 3.6 shows the critical compositional relation¬ 
ship between in vitro and in vivo kinetics. For glasses with up to about 53 mole 
percent Si, HCA crystallization occurs very rapidly on the glass surface, within 
two hours. These compositions develop a rapid bond with bone and also form an 
adherent, interdigitating collagen bond with the soft tissues. Glasses with Si 
content between 53 and 58 mole percent Si0 2 require two to three days to form 
both the a-CaP layer and to crystallize HCA. Such glass compositions are bioac¬ 
tive, but they bond only to bone. When implanted in soft tissues, the fibrous 
capsule formed around them is parallel to the interface and is non-adherent. 
Compositions with >60% Si0 2 do not form a crystalline HCA layer even after 
four weeks in SBF. An amorphous calcium-phosphate layer forms but it does not 
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Figure 3.6. Effect of bioactive glass composition on in vitro reaction kinetics and in vivo 
tissue response. 


crystallize to HCA. Such glasses are not bioactive and bond neither to bone nor 
soft tissues. 

The in vitro kinetics studies described above were conducted in well speci¬ 
fied conditions with the ratio of glass surface area (SA) to solution volume (V) 
fixed at 0.1 cm -1 . Changing the SA/V ratio changes the reaction kinetics. The 
SA/V ratio relevant to an implant is very difficult to estimate. It depends not only 
on the surface area of the implant and the size of the cavity into which it is placed 
but also on tightness of fit, blood flow, metabohc rate of the tissues, inflammation 
etc. Thus, the kinetics obtained from in vitro analyses are only an estimate of the 
reaction rates in vivo. However, the compositional effects observed in vitro appear 
to be equivalent in vivo. 










Bioactive Glasses 


63 


3.6. TISSUE BONDING 

The five reaction stages that occur on the material side of the interface do 
not depend on the presence of tissues. They occur in distilled water, tris-buffer 
solutions or simulated body fluids. Bonding to tissues requires an additional 
series of reactions. Chapters 4 and 5 present new findings that explain many of 
the biological reactions on the tissue side of the bioactive glass-tissue interface. 
The sequence of events associated with formation of a bond with tissues is: 

Stage 6: Adsorption of biological moieties in the SiO^-HCA layer 

Stage 7: Action of macrophages 

Stage 8: Attachment of stem cells 

Stage 9: Differentiation of stem cells 

Stage 10: Generation of matrix 

Stage 11: Mineralization of matrix. 

Rapid growth of HCA agglomerates on a bioactive glass surface incorporates 
collagen fibrils in vitro (Fig. 3.7) without the presence of cells, enzymes or biological 
growth factors. The crystals appear to form around the collagen fibrils and form 
bonds with them on an ultrastructural level, similar to what has been observed by 
transmission electron microscopy of bone bonded to bioactive glass. 1 The same bond¬ 
ing process of collagen incorporation within the growing gel layer has been observed 
in soft tissues by Wilson (Figs 3.8 and 3.9). 6J Thus, Stage 6 appears to be well estab¬ 
lished with respect to collagen. Chapter 4 summarizes biological steps 7-10. 

Within a week mineralizing bone appears at the interface of the more reac¬ 
tive bioactive glasses (Stage 11). By four weeks the interface is completely 
bonded to bone without any intervening fibrous tissues. The time sequence of 
bone formation on bioactive glasses is reviewed in detail elsewhere. 3 " 5 

Figure 3.10 shows a scanning electron micrograph of a cross section of a 
bioactive glass (S46PO) after eight weeks in rabbit tibia. In the back-scatter mode 
it is easy to distinguish the characteristic silica-rich (dark) and calcium 
phosphate-rich (bright) layers. The composition of the glass is Si0 2 , 46.0; Na 2 0, 
26.0; CaO, 25.0; P 2 0 5 , 0.0; B,0, 2.0 and A1 2 0 3 , 1.0 weight percent. Since the 
glass does not originally contain phosphate it is clearly seen that phosphate is 
absorbed and that calcium phosphate forms mainly within the silica-rich layer. 
This emphasizes the role of the silica structure in inducing the FICA formation. 

The most important criterion for tissue bonding is the mechanical resist¬ 
ance of the tissue-implant interface. There is no consensus on the best test 
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(b) 


Figure 3.7. (a) SEM micrograph of collagen fibrils incorporated within the HCA layer 

growing on a 45S5 Bioglass® substrate in vitro, (b) Close-up (11,300X) of the HCA crys¬ 
tals bonding to a collagen fibril. (Photographs courtesy of C. Pantano.) 


method to determine interfacial adherence of bioactive implants. Studies by the 
Florida group of bone bonding to bioactive glasses and glass-ceramics, primarily 
45S5 composition, showed very high interfacial strength values using a variety of 
mechanical test methods. 11 Most of the studies involved loaded prostheses, such 
as segmental bone replacements (Fig. 3.11) or femoral head prostheses. In most 
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Figure 3.8. Peeling of collagen, which remains adherent to the 4SSS bioactive-glass (G) 
decalcified section. (Original magnification 250 X.) 



Figure 3.9. Collagen fibers (•) in cracks on the 45SS bioactive-glass surface (G) unde¬ 
calcified section. (Original magnification 100 X.) 


studies the interface did not fail, fracture occurred either in the implant, such as 
shown in Fig. 3.11, or in the bone, distal to the implant. 

Various push-out or pull-out tests have also been reported for bioactive 
glasses and glass-ceramics. Chapters 13 and 14 discuss the method used by the 
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Figure 3.10. Scanning electron micrograph of a cross section of a phosphate-free bioac¬ 
tive glass (S46PO) after eight weeks in rabbit tibia. G = bulk glass; Si = Si-rich layer; 
CP = Ca, P-rich layer; B = bone. 



Figure 3.11. Fracture of (BG) 45S5 Bioglass®-ceramic segmental bone replace in mon¬ 
key due to impact torsional loading. Note (B) bonded interface. (Photograph courtesy 
G. Piotrowski.) (Reprinted from Hench, L.L. (1991). Bioceramics: From Concept to 
Clinic, J. Amer. Ceram. Soc., 74, 1487-1570, with permission.) 
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Figure 3.12. Schematic illustration of a specimen in the push-out test fixture. 



Figure 3.13. Optical micrograph of a cross section of glass S46PO after push-out. 
B = bone; RL = reaction layer; G = bulk glass. Direction of loading is indicated by long 
arrow and fracture line by short arrows. 
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Kyoto group. The push-out test method used by Andersson and colleagues in 
Finland is illustrated in Fig. 3.12. 11 

The conical implant is pushed out of the rabbit tibia at a cross-head speed 
of 0.5 mm/min. Prior to testing, the bone covering the base of the cone is 
removed by grinding. The base of the cone is also slightly ground in this process 
and a flat supporting surface is produced. The conical shape reduces the contribu¬ 
tion from the surface roughness. It is difficult to measure the contact area since 
the bone grows along the surface of the implant and may be present only as a very 
thin layer. If the glass is sectioned along its axis after the test it is possible to 
estimate the thickness. With this method interfacial strength values of 15-25 
MPa have been obtained for a number of bioactive glasses. For an inert glass the 
same test gave a value of 0.5 MPa or less, for glasses just outside the bioactivity 
border values of 2-3 MPa, and for smooth titanium 2 MPa. Thus, non-bonding 
biocompatible glasses behave as titanium. When testing bioactive glasses, it is 
observed that the fracture line in some areas is within the silica-rich layer and in 
others within bone. Figure 3.13 shows a cross section of glass S46PO after the 
push out. It is clear that bone has adhered to the glass and fracture has occurred 
within the bone. 


3.7. RATE OF BONDING 

The rate of development of the interfacial bond between an implant and 
bone can be referred to as the level of bioactivity. Hench introduced an index 
of bioactivity as a measure of this. 3-5 The index is given by I B = (100/t OSbb ), 
where t QJbb is the time for more than 50% of the surface to be bonded to bone. 
In the ternary diagram for the compositional dependence of the bioactivity, 
iso-I B contours have been indicated (Fig. 3.1). Thus, the closer to the bioactiv¬ 
ity boundary a glass is, the slower the rate of bonding. When the constant 6 
weight percent P 2 O s content is that in Fig. 3.1, I B goes toward zero as the Si0 2 
content is raised close to 60%. Bioactive implants with intermediate I B values 
do not develop a stable bond with soft tissue. The broken line in Fig. 3.1 indi¬ 
cates the region within which the I B values are sufficiently high for soft tissue 
bonding. 

The thickness of the bonding zone is roughly proportional to the I B value 
and the failure strength of a bioactive bond appears to be inversely proportional 
to the thickness of the zone. Thus, a very high I B value gives a thick bonding zone 
and low shear strength. Depending on whether rapid bonding or high shear 
strength is preferred, different compositions are optimal. 
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Chapter 4 

BIOACTIVE GLASSES: 
GENE ACTIVATION 

Larry L. Hench 


4.1. INTRODUCTION 

First-generation biomaterials, including metals, such as stainless steel 
and titanium, bio-polymers, such as poly(methyl methacrylate), and bioceram¬ 
ics, such as alumina and zirconia, were designed to be as inert as possible in 
order to minimize the thickness of interfacial scar tissue, as discussed in 
Chapter 1. These bioinert materials are still the most commonly used biomateri¬ 
als. Bioactive glasses have provided an alternative type of material and 
biomaterial-tissue interface from the 1970s onwards, termed second generation 
bioactive materials. Bioactive materials are capable of bonding implants to tis¬ 
sues without the formation of interfacial scar tissue. Examples of bioactive 
materials include bioactive glasses (e.g. 45S5 Bioglass®), synthetic hydroxya- 
paptite (HA), and bioactive glass-ceramics (e.g. AAV glass-ceramic, Cerahone), 
all discussed in this book. Resorbable materials, such as poly(lactic acid) and 
poly(glycolic acid) and tri-calcium phosphate (TCP), were developed in the 
1970s and 1980s and are another category of second-generation biomaterials. 
Biodegradable polymers are used as resorbable sutures, for example. Details of 
the characteristics of bioactive materials are presented in numerous reviews and 
textbooks. 1-5 


4.2. THIRD-GENERATION BIOMATERIALS 

During the last decade, the concepts of bioactive materials and resorbable 
biomaterials have converged into a new, third-generation of biomaterials; bioac¬ 
tive materials are being made resorbable, and resorbable polymers are being 
made bioactive. 6 Molecular modifications of resorbable polymers and bioactive 
composite systems elicit specific interactions with cell integrins and thereby 
direct cell proliferation, differentiation, and extracellular matrix production and 
organization. Third-generation bioactive glasses, composites, hybrid materials, 
and macroporous foams are being designed to activate genes that stimulate 
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regeneration of living tissues. This chapter reviews the discovery that controlled 
release of biologically active Ca and Si species released from bioactive glasses 
leads to the up-regulation and activation of seven families of genes in osteo- 
progenitor cells that give rise to rapid bone regeneration. This finding offers the 
possibility of creating a new generation of gene activating biomaterials designed 
specially for tissue engineering (TE) and in situ regeneration of tissues. 6 

Two alternative routes of repair are now available with the use of third- 
generation, molecularly tailored hiomaterials. 

4.2.1. Tissue Engineering 

The aim of this strategy is to seed progenitor cells onto biologically 
active resorbable scaffolds, such as those described in Chapter 32. The cells are 
grown outside the body, become differentiated, and produce an extracellular 
matrix, forming a TE construct, which is then implanted into patients to replace 
diseased or damaged tissues. With time the scaffolds are resorbed and replaced 
by host tissues that include a viable blood supply and nerves. The living TE 
constructs adapt to the physiological environment and should provide long- 
lasting repair. 7,8 

4.2.2. In Situ Tissue Regeneration 

This approach involves the use of biomaterials in the form of powders, 
solutions, doped microparticles, porous granules, or scaffolds to stimulate 
local tissue repair directly, inside the body. 8 Bioactive materials release chemi¬ 
cals in the form of ionic dissolution products, or growth factors such as bone 
morphogenic protein (BMP), at controlled rates, by diffusion or network 
breakdown, which activate the cells in contact with the stimuli. The cells pro¬ 
duce additional growth factors that in turn stimulate multiple generations of 
growing cells to self-assemble into the tissues in situ along the biochemical 
and biomechanical gradients that are present. NovaBone®, Perioglas® and 
NovaMin® products are all third-generation bioactive glass products based 
upon 45S5 Bioglass®. 8 

4.3. BIOACTIVE GLASSES: 45S5 BIOGLASS® 

The grandfather composition of bioactive glasses was discovered in 
1969. 1,9 It is called 45S5 Bioglass®. The glass composition is 45% Si0 2 , 24.5% 
Na 2 0, 24.5% CaO, 6% P 2 O s (in weight %). The glass was first tested in a rat 
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femoral implant model and was shown to bond strongly to bone within six 
weeks. This finding was the basis of the first paper published in 1971 in the 
Journal of Biomedical Materials Research, which summarized the in vivo 
results and the in vitro tests that provided an explanation for the interfacial 
bonding of the implant to bone. 9 The in vitro tests showed that the 45S5 
Bioglass® composition developed a hydroxycarbonate apatite (HCA) layer in 
test solutions that did not contain calcium or phosphate ions. The surface 
phase of HCA that was formed in vitro was equivalent to the interfacial HCA 
crystals observed in vivo by Dr. T.K. Greenlee’s transmission electron micro¬ 
graphs of the bonded interface. 1,9 The HCA crystals were bonded to layers of 
collagen fibrils produced at the interface by osteoblasts. The chemical bonding 
of the HCA layer to collagen created the strongly bonded interface between 
glass and hone. 1,9,10 

A key review article that summarizes the mechanisms of bone-Bioglass® 
bonding was published in 1982: “Adhesion to Bone” by L.L. Hench and A.E. 
Clark. 10 The paper documents in Part A the time sequence of bonding of Bioglass® 
in rat femur and tibia. In Part B, the bonding of Bioglass® implants to the femur 
in canine and monkey bones is summarized. Part C reviews the data of bonding 
of mandibular and maxillary bone of primates and swine to Bioglass® implants. 
All species exhibited stable bone bonded implants. Bonding occurred rapidly, 
regardless of species, within weeks of implantation. 10 


4.4. BIOGLASS®-BONE BOND STRENGTH 

One of the most difficult topics studied in the first decade of Bioglass® 
experiments was determining the strength of the bond to bone. Eight different 
biomechanical test models were developed. A quantitative evaluation of inter¬ 
facial shear strength in rat and monkey models showed that the strength of the 
interfacial bond between Bioglass® and cortical bone was equal to or greater than 
the strength of the host bone. 11 Weinstein, Klawitter and Cook published a key 
paper describing the biomechanics of the bonded interface between bone and 
Bioglass®. 12 

4.5. BIOGLASS® SURFACE REACTIONS 

Bone bonding occurs as a result of a rapid sequence of chemical reactions 
on the surface of the Bioglass® implant when inserted into living tissues. New 
analytical techniques, such as cryogenic Auger electron spectroscopy, analytical 
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scanning transmission electron microscopy, cryogenic electron microprobe 
analysis, and the application of Fourier transform infrared reflection spectroscopy 
(FTIR), were developed, which made it possible to determine the kinetics of the 
surface reactions with great precision. The 11 surface and cellular reaction stages 
are described in Chapter 3 and a series of papers describe the kinetics studies. 13-16 
Slow resorption of the glass surface releases soluble ionic species and creates a 
high surface area hydrated silica gel due to a condensation reaction between 
neighboring Si-OH groups. 

Nucleation of a crystalline HCA layer follows. Controlled release of solu¬ 
ble Si and Ca species is especially important. Recent molecular biology studies, 
discussed below, show that the Si species and Ca ions at specific concentrations 
are responsible for the genetic response to the bioactive glasses and lead to rapid 
growth of new bone. The mechanism for the HCA layer bonding to bone involves 
protein adsorption and cell attachment. The result is growth of new bone with an 
architecture and biomechanical properties equivalent to normal bone. 101718 

4.6. CLASSES OF BIOACTIVITY 

Bioactive materials used for either tissue replacement or tissue regenera¬ 
tion must possess controlled chemical release kinetics that synchronize with the 
sequence of cellular changes occurring in natural wound repair. 110 ' 14-16 If dissolu¬ 
tion rates are too rapid, the ionic concentrations are too high to be effective. If the 
rates are too slow, the concentrations are too low to stimulate cellular prolifera¬ 
tion and differentiation. Large differences in rates of in vivo bone regeneration 
and extent of bone repair, documented in papers by Oonishi et al . 17 and Wheeler 
et a/., 18 indicate that there are two classes of bioactive materials. 14,15 Class A 
bioactivity leads to both osteoconduction and osteostimulation as a consequence 
of rapid reactions on the bioactive glass surface. The surface reactions involve 
ionic dissolution of critical concentrations of soluble Si and P species and Ca and 
Na ions that give rise to both intracellular and extracellular responses at the inter¬ 
face of the glass with its physiological environment. Class B bioactivity occurs 
when only osteoconduction is present, i.e. bone migrates along an interface. This 
limited tissue response is due to slower surface reactions and minimal ionic 
release. Only extracellular responses occur at the interface of Class B bioactive 
tissue interfaces. 1 ' 16 Differences between Class A and B bioactive materials are 
summarized in several sources. 1 ' 14-16 The clinical consequences of these differ¬ 
ences is more rapid bone growth and more bone in a graft site for Class A bio¬ 
active materials, as discussed later in this chapter in Sections 4.9-4.11 on clinical 
applications. 
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4.7. BIOACTIVE CONTROL OF GENES 
AND THE OSTEOBLAST CELL CYCLE 

For many years it was assumed that formation of a biologically active 
HCA surface reaction layer was the critical requirement for bioactive behavior. 
U4-16 H oweV er, studies from 2000 to 2003 showed formation of a surface HCA 
layer to be useful but not the critical stage of reaction for bone regeneration. The 
controlled rates of release of ionic dissolution products, especially critical 
concentrations of soluble Si species and calcium ions, is the critical requirement 
for osteoproduction, now called osteostimulation, as first described by June 
Wilson and Sam Low. 19 

In order for new bone to form it is essential for osteoprogenitor cells (adult 
stem cells) to undergo cell division (mitosis). The osteoprogenitor cells that are 
present must receive the correct chemical stimuli from their local environment, 
which then instructs them to enter the active segments of the cell cycle. Numerous 
papers document the critical importance of local chemical environment on osteo¬ 
blast cell growth in vitro and in vivo. 1 ' 20-25 Figure 4.1 shows the osteoblast pro¬ 
genitor cell cycle. Resting cells are in the G 0 phase. Every new cell cycle begins 
after a cell has completed the preceding mitosis. If the local chemical environ¬ 
ment is suitable, and following a critical period of growth in the phase, the cell 
enters the S phase when DNA synthesis begins and leads to duplication of all the 
chromosomes in the nucleus. During a second growth phase, G 2 , the cell prepares 
to undergo division and checks its replication accuracy using DNA repair 
enzymes. 

Details of the feedback controls and cell cycle checkpoints have been 
described. 20-23 If the local chemical environment does not lead to completion of 
the G, phase or the G 2 phase then the cell proceeds to programmed cell death, 
apoptosis. Bioinert materials or Class B bioactive materials do not produce the 
local chemical environment to enable the few osteoprogenitor cells present to 
pass through these cell cycle checkpoints. Only Class A bioactive materials pro¬ 
duce rapid new bone formation in vivo, e.g. osteostimulation. 17-28 Approximately 
17-20 (Xgml -1 of soluble silica and 88-100 (igml -1 of soluble Ca ions are required 
for the interfacial environment to be osteogenic. The ions are provided by con¬ 
trolled dissolution of a bulk implant or the 45S5 Bioglass® particles in a particu¬ 
late such as NovaBone® or Perioglas®. 

Molecular biology studies by Xynos et al. in Professor Dame Julia Polak’s 
group at Imperial College London showed that the bioactive shift of osteoblast 
cell cycle is under genetic control. 24,25 Within a few hours of exposure of human 
primary osteoblasts to the soluble chemical extracts of 45S5 Bioglass®, several 
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Figure 4.1. Schematic of osteoblast progenitor cell cycle leading to: 1) programmed cell 
death (apoptosis); 2) mitosis and cell proliferation; or 3) terminal cell differentiation 
towards an osteocyte. 

families of genes are activated, including genes encoding nuclear transcription 
factors and potent growth factors, especially IGF-II, along with IGF binding pro¬ 
teins and proteases that cleave IGF-II from their binding proteins. 23 There is a 
200-500% increase in the expression of these genes over those of the control 
cultures. 23-25 Activation of several immediate early response genes and synthesis 
of growth factors is likely to modulate the cell cycle response of osteoblasts to 
bioactive glasses. These findings indicate that Class A bioactive glasses enhance 
new bone formation (osteogenesis) through a direct control over genes that regu¬ 
late cell cycle induction and progression. Bioactive induction of the transcription 
of extracellular matrix components and their secretion and self-organization into 
a mineralized matrix appears to be responsible for the rapid formation and growth 
of bone nodules and differentiation of the mature osteocyte phenotype in the pres¬ 
ence of Class A bioactive materials such as 45S5 Bioglass® and sol-gel derived 
bioactive gel glasses of compositions 58S (60 mol% Si0 2 , 36 mol% CaO, 4 mol% 
P 2 0 5 ) and 70S30C (70 mol% Si0 2 , 30 mol% CaO), tested by Bielby et al. 26 
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Several studies have confirmed the results of the early Xynos et al. find¬ 
ings and extended the generality to include several types of precursor cells and 
differing sources of ionic stimuli. 27,28 Gene array analyses of five different in vitro 
models using five different sources of inorganic ions provide the experimental 
evidence for a genetic theory of osteogenic stimulation. 25 All seven experiments 
showed enhanced proliferation and differentiation of osteoblasts towards a 
mature, mineralizing phenotype, without the presence of any added bone growth 
proteins such as dexamethasone or BMP. 22 Shifts in osteoblast cell cycles were 
observed as early as six hours, with elimination (by apoptosis) of cells incapable 
of differentiation. The remaining cells exhibited enhanced synthesis and mitosis. 
The cells quickly committed to generation of extracellular matrix (ECM) proteins 
and mineralization of the matrix. 28 Gene array analyses at 48 hours showed early 
up-regulation or activation of seven families of genes that favored both prolifera¬ 
tion and differentiation of the mature osteoblast phenotypes, including: transcrip¬ 
tion factors and cell cycle regulators (six with increases of 200-500%); apoptosis 
regulators (three at 160-450% increases); DNA synthesis, repair and recombina¬ 
tion (four at 200-300%); growth factors (four at 200-300%, including IGF-I1 and 
VEG F); cell surface antigens and receptors (four at 200-700%, especially 
CD44); signal transduction molecules (three at 200-600%); and ECM com¬ 
pounds (five at 200-370%). 

A summary of the seven families of genes activated or up-regulated from 
the experiments is given in Table 4.1. 


4.8. DESIGN CONCEPTS FOR GENETIC CONTROL 
OF BONE REGENERATION 

Two developments make it possible to design a new generation of bioma¬ 
terials that can control gene expression in vitro and in vivo. The first is the 
enhanced understanding of the role of controlled release of ionic dissolution 
products from bioactive glasses in controlling the molecular biology of osteo- 
progenitor cells, as reviewed above. The second is use of sol-gel processing of 
bioactive glasses to achieve additional control of the rates of ionic release of 
biologically active stimuli. 

Compositions and textures of sol-gel derived glasses can be varied over 
wide ranges and thereby be used to control the rates and concentrations of soluble 
Si and Ca species in the physiological solutions. Details of sol-gel processing of 
bioactive gel-glasses, textural analyses and bioactivity studies are presented in 
prior publications. 29 ' 30 Sol-gel processing makes it possible to produce 
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hierarchical microstructures with nanometer scale pores in the solid webs of 3D 
scaffolds, while creating an interconnected pore network with greater than 100 
pm passages between macropores of 200-600 pm in diameter. Chapter 32 
discusses these materials and hierarchical scaffolds in detail. Gough et al. 
demonstrated that such bioactive 3D scaffolds support osteoblast growth and 
induced differentiation of the cells without use of supplementary organic growth 
factors. 2831 

The Beilby et al. investigations 26 were especially significant because the 
cell source was embryonic stem (ES) cells. Soluble Si and Ca species released 
from 58S sol-gel derived glasses stimulated gene expression in the murine ES 
cells characteristic of a mature phenotype in primary osteoblasts. The osteogenic 
effect of the bioactive gel-glass extracts was dose dependent. The conclusion was 
that the bioactive gel-glass material was capable of stimulating differentiation of 
ES cells toward a lineage with therapeutic potential in TE. Christodoulou et al. 
extended even further the scientific basis of the genetic effect of the dissolution 
products of 58S gel-glasses on osteogenesis, which were added to cultures of 
primary osteoblasts derived from human fetal long bone explants cultures 
(hFOBs). 27 The over 200% up-regulation of gpl30 and MAPK3 and down-regu¬ 
lation of IGF-1 were confirmed by real-time RT-PCR analysis. These data suggest 
that 58S ionic dissolution products possibly mediate the bioactive effect of the 
gel-glass through components of the IGF system and MAPK signaling pathways. 
The results from human fetal osteoblasts confirm many of the findings reviewed 
above and shown in Table 4.1 using primary human osteoblast cultures derived 
from excised femoral heads of elderly patients, and thereby demonstrate the 
generality of the findings of genetic stimulation by the ionic dissolution products 
of bioactive glasses and gel-glasses. 

The implications of the above studies are that it is now feasible to design 
the dissolution rates and architecture of bioactive, resorbable inorganic scaffolds 
to achieve specific biological effects in vivo that synchronize with the progenitor 
cell population present in situ. This offers, for the first time, the potential to 
design biomaterials for specific patients and their clinical needs. 

4.9. THIRD-GENERATION BIOACTIVE GLASS 
CLINICAL PRODUCTS 

Second-generation Bioglass® implants performed well when replacing 
diseased or missing hard tissue. 28 The discovery that Bioglass® could stimulate 
osteoblasts to produce more bone tissue earlier than other synthetic biomaterials 
led to the innovative concept of osteostimulation, the basis for third-generation 
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Table 4.1. Families of Genes in Primary Human Osteoblasts Activated or Up-Regulated 
by Ionic Dissolution Products of Bioactive Glasses. 27 

Transcription Factors and Cell Cycle Regulators Activation (%) 


RCL growth-related c-myc-responsive gene 
Gl/S-specific cyclin D1 (CCND1) 

26S proteinase regulatory subunit 6A 
Cyclin-dependent kinase inhibitor 1 (CDKN1A) 
cAMP-dependent transcription factor ATF-4 
Cyclin K 

DNA Synthesis, Repair, and Recombination 

DNA exclusion repair protein ERCC! 
mutL protein homolog 
High-mobility-group protein (HMG-1) 

Replication factor C 38-kDa subunit (RFC38) 

Apoptosis Regulators 

Defender against cell death 1 (DAD-1) 

Ca-dependent proteinase small (regulatory) subunit; calpain 
Deoxyribonuclease II (Dnase II) 

Growth Factors and Cytokines 
Insulin-like growth factor II (IGF-II) 

Macrophage-specific colony stimulating factor (CSF1; MCSF) 
Bone-derived growth factor 

Vascular endothelial growth factor precursor (VEGF) 

Cell Surface Antigens and Receptors 
CD44 antigen hematopoetic form precursor 
Fibronectin receptor beta subunit; integrin beta 1 
N-sam; fibroblast growth factor receptor-1 precursor 
Vascular cell adhesion protein-1 precursor (V-CAM1) 

Signal Transduction Molecules 

MAP kinase-activated protein kinase 2 (MAPKAP kinase 2) 
Dual specificity nitrogen-activated protein kinase 2 
ADP-ribosylation factor 1 
Extracellular Matrix Compounds 
Matrix metalloproteinase 14 precursor (MMP 14) 

Matrix metalloproteinase 2 (MMP 2) 

Metalloproteinase 1 inhibitor precursor (TIMP 1) 

TIMP 2 (MI) 

Bone proteoglycan II precursor; decorin 


500 

400 

400 

350 

240 

200 

Up-regulation (%) 

300 

300 

230 

200 

Up-regulation (%) 

450 

410 

160 

Activation (%) 

300 

260 

200 

200 

Activation (%) 

700 

600 

300 

200 

Activation (%) 

600 

200 

200 

Activation (%) 

370 

270 

220 

220 

200 
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biomaterials. Development of third-generation Bioglass® products focussed on 
using particles rather than monolithic shapes. The products are manufactured and 
used under the trademarks PerioGlas® and NovaBone®. Chapter 40 summarizes 
the process for technology transfer and the timeline for development of clinical 
products based upon 45S5 Bioglass®. 

The first NovaBone® particulate material cleared for sale in the U.S. was 
PerioGlas®, which was cleared via the 510(k) process in December, 1993. 
In 1995, PerioGlas® obtained a CE mark and marketing of the product began in 
Europe. The initial indication for the product was to restore bone loss resulting 
from periodontal disease in infrabony defects. In 1996, additional indications for 
use were cleared by FDA, including use in tooth extraction sites and for alveolar 
ridge augmentation. 29 

During a 25-year clinical history, PerioGlas® has demonstrated excellent 
clinical results with virtually no adverse reactions to the product. Numerous 
clinical studies have demonstrated the efficacy of the product in multiple uses. 
A historical review lists many of these clinical studies can be found Saravanapavan 
et al., 2003. 30 Chapter 9 summarizes the successful clinical results. 

Building on the successes of PerioGlas® in the market, a Bioglass® 
particulate for orthopedic bone grafting was introduced into the European market 
in 1999, under the trade name NovaBone®. Early studies by Wilson and Low in a 
canine model showed effective bone regeneration with uses of 45S5 Bioglass® 
particulate. 19 Other animal models followed in various laboratories worldwide. 31 
The product was cleared for general orthopedic bone grafting in non-load bearing 
sites in February, 2000. To date, PerioGlas® and NovaBone® products are sold in 
over 35 countries, and the manufacturer (NovaBone Products LLC, FL, USA) 
reports that the product has been used in more than 1,000,000 surgeries. Table 4.2 
lists the various medical and dental products used clinically. 


4.10. SYNTHETIC BIOACTIVE GLASS BONE 

GRAFT OR AUTOGRAFT? 

A publication in the Journal of Pediatric Orthopaedics by Ilharreborde 
et al. in 2008 illustrates the value of 45S5 Bioglass® (NovaBone®) as an alterna¬ 
tive to use of autografts. 32 At the present time, iliac crest autograft is considered 
to be the gold standard material for spinal fusion, as discussed in Chapter 10. 
However, it is well known that there are limitations to the use of autografts, such 
as additional operative time, increased loss of blood, morbidity, length of time of 
healing of the second operative site and pain in the donor site. Chapter 10 
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Table 4.2. Clinical Medical and Dental Products Based upon 45S5 Bioglass. 

Orthopedics 

Trauma 

Long bone fracture (acute and/or comminuted); alone and with internal fixation 
Femoral non-union repair 
Tibial plateau fracture 
Arthroplasty 

Filler around implants (acetabular reconstruction) 

Impaction grafting 
General 

Filling of bone after cyst/tumor removal 
Spine Fusion 

Interbody fusion (cervical, thoracolumbar, lumbar) 

Posterolateral fusion 
Adolescent idiopathic scoliosis 
Cranial-Facial 
Cranioplasty 

Facial reconstruction 
General oral/dental defects 
Extraction sites 
Ridge augmentation 
Sinus elevation 
Cystectomies 
Osteotomies 
Periodontal Repair 
Dental-Maxillofacial-ENT 

Toothpaste and treatments for dentinal hypersensitivity 

Pulp capping 

Sinus obliteration 

Repair of orbital floor fracture 

Endosseous ridge maintenance implants 

Middle ear ossicular replacements (Douek MED) 





82 


An Introduction to Bioceramics 2nd Edition 


compares the use of autografts compared with synthetic graft materials in oral 
and maxillofacial reconstructive surgery. The aim of the Ilharreborde et al. study 
was to compare bioactive glass (NovaBone®) with iliac graft autograft as bone 
substitutes in the treatment of thoracic adolescent idiopathic scoliosis (AIS). 
Eighty-eight consecutive patients underwent posterior spinal fusion for progres¬ 
sive AIS, with 40 patients implanted with autograft and 48 patients receiving 
NovaBone® particulate. A minimum two-year follow-up was required, with medi¬ 
cal data and radiographs analyzed retrospectively and compared statistically. The 
results showed that the Bioglass® particulate was as effective as iliac crest graft 
in achieving fusion and maintenance of correction in the AIS patients. Fewer 
complications were seen in the Bioglass® group. Thus, the authors concluded, 
“Bioactive glass can be proposed in the treatment of AIS, avoiding the morbidity 
of iliac crest harvesting.” 32 


4.11. SYNTHETIC BIOACTIVE GLASS OR CALCIUM 
PHOSPHATE BONE GRAFT? 

Another example of use of NovaBone® bioactive glass particulate as a 
synthetic bone graft is in lumbar spinal fusions. A spinal surgical group per¬ 
formed 88 cases of lumbar spinal fusion, with all cases consisting of interverte¬ 
bral body arthrodesis, the majority of which were also combined with 
postererolatral fusion. 33 All cases used pedicale screws and rods for stabilization. 
Direct comparison with Vitoss® tri-calcium phosphate (TCP) were made in 26 of 
the postreolateral fusion cases, with NovaBone® implanted on the left side and 
Vitoss® on the right side. The results based upon CT myelograms at six months 
showed 100% interbody fusion for patients grafted with NovaBone® particulate. 
In addition to the interbody fusion, there was also postereolateral fusion for 50% 
of the NovaBone® grafts within six months. In contrast, only 11% of the patients 
achieved postlateral fusion in the Vitoss® TCP sites by six months. Direct review 
of grafted sites during re-entry supported the observation that there was greater 
bone formation at the NovaBone® grafted sites than for Vitoss® sites. 33 


4.12. SUMMARY AND IMPLICATIONS FOR THE FUTURE 

A cellular and molecular basis for development of third-generation bioma¬ 
terials provides the scientific foundation for molecular design of scaffolds for TE 
and for in situ tissue regeneration and repair, with minimally invasive surgery. 
The economic advantages of these new approaches may aid in solving the 
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problems of caring for an aging population. It should be feasible to design a new 
generation of gene-activating biomaterials tailored for specific patients and dis¬ 
ease states. The results suggest that bioactive stimuli may be used to activate 
genes in a preventive treatment to maintain the health of tissues as they age. Only 
a few years ago this concept would have seemed unimaginable. But we need to 
remember that only 43 years ago the concept of a material that would not be 
rejected by living tissues also seemed unimaginable. The socio-economic benefits 
of a new approach to regenerative repair of the body are just beginning to be 
realized. 
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Chapter 5 

ANGIOGENIC POTENTIAL 
OF BIOACTIVE GLASSES 

Alejandro A. Gorustovich, Luis A. Haro Durand, Judith A. 
Roether and Aldo R. Boccaccini 

5.1. INTRODUCTION 

Enhancement of the angiogenic potential of implantable tissue scaffolds 
is the focus of considerable research efforts in tissue engineering (TE) strate¬ 
gies. 1-3 Angiogenesis, the formation of new blood vessels from the endothelium 
of the existing vasculature, plays a pivotal role in TE and wound healing. 
During wound repair, microvascular endothelial cells migrate into the blood 
clot; they proliferate and form new blood vessels. This complex process is regu¬ 
lated at the molecular level by growth factors, ECM proteins, membrane recep¬ 
tors and signalling molecules that tightly modulate the formation of new blood 
vessels (Fig. 5.1). 4 This process, called neovascularisation, contributes to the 
success of regenerating and growing new tissue, because blood vessels bring 
oxygen, nutrients and growth factors as well as serve as a route for inflamma¬ 
tory cells and precursor cells to reach to the highly metabolically active regen¬ 
erating tissue. If TE scaffolds have the ability to induce neovascularisation, the 
viability of native or transplanted cells within scaffolds will be increased, which 
will enhance the possibility of engineering larger volumes of new tissues. 
Several approaches are being proposed to induce rapid vascular in-growth, such 
as gene and/or protein delivery of angiogenic growth factors and ex vivo cultur¬ 
ing of scaffolds with endothelial cells alone or in combination with other cell 
types. 3,5 

An increasing number of investigations in the bone TE field demon¬ 
strate that bioactive silicate glasses may improve vascularisation and bone 
regeneration in both healthy and highly compromised experimental models of 
bone healing. 6 Bioactive silicate glass of composition (in weight percentage 
(wt%)) 45% Si0 2 , 24.5% Na 2 0, 24.5% CaO and 6% P 2 0 5 (45S5 Bioglass®) 
was the first man-made inorganic material developed to bond to bone. 7 Several 
other types of silicate glasses, based on that original silicate composition, have 
been developed over the years; the goal has been the improvement of degrada¬ 
tion behaviour, mechanical properties or processibility. In this context, the 
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Figure 5.1. Schematic diagram showing new vessel formation via the sprouting of endothe¬ 
lial cells from a pre-existing vessel. (A) Initially, the formation of a new vessel requires 
removal of associated mural cells (pericytes). (B) Then, endothelial cells degrade the extracel¬ 
lular matrix (ECM), migrate into the perivascular space, proliferate and align themselves into 
patent blood vessels (C). (Reproduced from Reference 4 with permission from Elsevier.) 

chemical composition of bioactive glasses can be varied (within certain limits) 
to tailor their rate of dissolution in the biological environment. It is possible to 
design glasses with degradation properties and bioreactivity specific to a 
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particular TE application. 7 In addition, bioactive glasses are suitable starting 
materials to develop glass-ceramics and composites, e.g. combining bioactive 
glasses with biopolymers. 8 As indicated above, there is experimental evidence 
to be briefly reviewed in this chapter and discussed extensively elsewhere, 6 
considering both in vitro and in vivo studies, that bioactive glasses can serve as 
angiogenic agent to induce increased vascularisation when incorporated in 
bone TE constructs. 


Table 5.1. In Vitro Studies Showing the Angiogenic Indicators Stimulated in Response 
to Bioactive Glasses. 


Biological Response 

Material 

Reference 

Enhanced mitogenic stimula- 

Bioactive glass coated cell culture plates 

9, 10 

tion of endothelial cells 

Alginate beads containing 0.1% (w/v) 45S5 
Bioglass® particles 

11 


0.6, 1.2 and 6 mg 45S5 Bioglass®-loaded 
collagen sponges 

12 


Slabs of 5% ZnO (wt%)-doped 45S5 
bioactive glass 

13 


3D porous scaffolds made from poly 
(lactide-co-glycolide) with approxi¬ 
mately 0.5 mg 45S5 Bioglass® particle 

14 


coating 

3D porous scaffolds made from 45S5 bio¬ 

15 


active glass 

Ionic dissolution products from 2% B 2 0 3 
(wt%)-doped 45S5 bioactive glass 

16 

Enhanced migratory and 

Ionic dissolution products from 2% B 2 0 3 

16 

spreading capacity 

(wt%)-doped 45S5 bioactive glass 


of endothelial cells 

Si0 2 -CaO bioactive glass nanospheres 

17 

Increased formation 

Bioactive glass coated cell culture plates 

9 

of endothelial tubules 

1.2 mg 45S5 Bioglass®-loaded collagen 



sponges 

12 

Increased secretion of 

Bioactive glass coated cell culture plates 

9, 10, 18 

pro-angiogenic cytokines 

Bioactive glass/alginate beds 

11 

(i.e. VEGF, bFGF, IL-6) 

PLGA/Bioactive glass composite disks 

19 


Bioactive glass/PLGA porous microspheres 

20 


PDLLA/Bioactive glass composite films 

21 


Collagen/Bioactive glass scaffolds 

12 


Ionic dissolution products from 2% B 2 0 3 
(wt%)-doped 45S5 bioactive glass 

16 
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5.2. IN VITRO EVIDENCE 

As summarised in Table 5.1, several cell biology in vitro investigations 
have shown that bioactive glass in particulate form, especially the composition 
45S5 Bioglass®, as well as bioactive glass filled composites stimulate endothelial 
cell proliferation, migration and endothelial tubules formation. 9-17 Moreover, pre¬ 
vious cell culture studies have demonstrated that bioactive glasses stimulate a 
significant increase in secretion of pro-angiogenic cytokines, such as vascular 
endothelial growth factor (VEGF) and basic fibroblast growth factor (bFGF) from 
fibroblasts 9-12 and interleukin-6 (IL-6) from endothelial cells. 16 


5.3. IN VIVO EVIDENCE 

Previous in vivo studies have evaluated the effect of the incorporation of 
relatively small quantities of 45S5 Bioglass® (in particulate form) into scaffolds 
on the angiogenic response in both soft connective and bone tissues, as reviewed 
elsewhere. 6 In an early investigation in this field, a biodegradable polyglycolic 
acid (PGA) composite mesh coated with Bioglass® particles was implanted sub¬ 
cutaneously into rats. 9 It was shown that the composite scaffolds became infil¬ 
trated by a significantly higher number of blood vessels when compared with 
uncoated control scaffolds. 9 Related in vivo experiments showed that approxi¬ 
mately 0.5 mg of 45S5 Bioglass® particles coated on a VEGF-releasing PLGA 
porous scaffold were capable of enhancing neovascularisation in a critical-sized 
cranial bone defect in rats. 14 In addition, greater neovascularisation and bone 
regeneration were found in irradiated critical-sized calvarial defects filled with 
collagen sponges loaded with 1.2 mg of Bioglass® in comparison to controls at 
two weeks post-implantation in rats. 22 More recently, the angiogenic properties of 
micron-sized (m-BG) and nano-sized (n-BG) 45S5 bioactive glass filled poly 
(D,L lactide)(PDLLA) composites were investigated in a rat model. 21 After eight 
weeks of implantation, m-BG and n-BG containing scaffolds were well-infil¬ 
trated with newly formed tissue and demonstrated higher vascularisation and 
percentage blood vessel to tissue than neat PDLLA scaffolds (Fig. 5.2). 21 

Employing the quail embryo chorioallantoic membrane as the experimental 
model, the authors have obtained preliminary data showing that there is a signifi¬ 
cant effect of the ionic dissolution products (IDPs) from 45S5 Bioglass® containing 
2 wt% B 2 0 3 (45S5.2B) on angiogenesis. 16 We evidenced that 45S5.2B IDPs have 
pro-angiogenic potential, as confirmed by increased endogenous expression levels 
of integrin ot v |3 3 , a marker of angiogenic vascular tissue, 48 h after treatment and 
by a higher number of blood vessels as early as five days after treatment. 16 
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Figure 5.2. Effect of implantation length on de novo tissue growth and vascularisation 
of PDLLA-based composite scaffolds developed by Gerhardt et al. 21 The relative tissue 
volumes (Vv^^ and Vv BV ) and the percentage of blood vessel to tissue are shown as 
means (n = 3; error bars: S.E.M). Data are shown for neat PDLLA, PDLLA/n-BG (20 
wt%) and PDLLA/m-BG (20 wt%) composites. (Reproduced from Reference 21 with 
permission of Elsevier Inc.) 

In addition to 45S5 Bioglass®, bioactive glasses and silicate glass-ceram¬ 
ics of other compositions are under investigation for their ability to promote 
angiogenesis. 23 In a recent study, 24 borate bioactive glass scaffolds (13-93B3) 
seeded with rat bone marrow-derived MSCs or doped with 0.4 wt% Cu, or a 
combination of both (MSCs + 0.4 wt% Cu), were reported to produce a signifi¬ 
cant increase in blood vessels after six-week subcutaneous implantation in rats, 
compared to the as-prepared 13-93B3 scaffolds. 

5.4. CONCLUSIONS AND OUTLOOK 

The application of bioactive glasses in bone TE scaffolds is widely ben¬ 
eficial, considering the investigated angiogenic potential of these materials, 
summarised in this chapter, in addition to their well-known osteogenic and bio¬ 
active potential, discussed in Chapters 3 and 4. In vitro studies have demon¬ 
strated increases in the concentration of angiogenic indicators through both 
direct and indirect contact of cells with 45S5 Bioglass® particles or with their 
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ionic dissolution products. Moreover, in vivo studies have confirmed the ability 
of certain bioactive glasses to stimulate neovascularisation. Given the well- 
established stimulatory effects of the dissolution products of bioactive glasses 
on cell behaviour in the context of bone regeneration, 25 further research should 
investigate the specific influence of relevant ions released from bioactive glasses 
and their relative concentrations on angiogenesis. In addition, correlation 
between scaffold morphology and neovascularisation remains an area for future 
investigation, including the effect of porosity, pore size, interconnectivity and 
pore orientation. In the field of composite scaffolds, the availability of hioactive 
glass nanoparticles and their successful incorporation in biodegradable poly¬ 
mers 26 provides an opportunity to assess the effect of enhanced surface bioreac¬ 
tivity and degradation rate, exhibited by nanoparticles, on angiogenesis and 
neovascularisation. 
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Chapter 6 

BIOACTIVE GLASSES: CLINICAL 
APPLICATIONS — HISTORICAL 

June Wilson, Antti Yli-Urpo and Risto-Pekka Happonen 

6.1. INTRODUCTION 

When it was first proposed that glass might be used as an implant mate¬ 
rial the concept was slow to find acceptance. The properties of glasses were, 
after all, well known. They are brittle, generally fragile and could easily be 
broken or fractured accidentally, generating particles or pieces which could 
migrate and which were expected to damage tissues and blood vessels. Glass 
could be cast or molded but could not be easily drilled or carved by any but 
expert hands. 

The bioactive materials, which were glasses, had, however, other valuable 
properties. They would develop at their surfaces, when in contact with body fluids 
and tissues, a reactive layer which, because of its gel-like structure, provided a 
compliant interface between bulk glass and tissue. It was found that the 
45S5 formulation of Bioglass® (registered U.S. Trademark, University of Florida, 
Gainesville, FL, USA, 32611) and related compositions did not break-up when 
drilled with standard surgical drilling equipment. The glass was relatively soft 
and extremely suitable for microsurgical drilling techniques, opening up its use 
in certain otolaryngological applications (Fig. 6.1), as discussed in Chapter 7. 
However, it could never be certain that particles would not appear after implanta¬ 
tion of a solid device if it were to become damaged in some way, and exhaustive 
tests were done to find out what the effect of “ground glass” of this nature might 
be in tissues. Fortunately, the constituent chemicals, silicon, sodium, oxygen, 
calcium and phosphorous, are all found in the body and, at the concentrations 
derived from an implant, did not disturb the adjacent tissues. Particles could be 
ingested by phagocytic cells, those cells found in blood and tissues which 
are programmed to pick up and digest all unusual particles, and did not affect the 
viability or behavior of those cells. Particles could be injected into the blood¬ 
stream and come to rest in the capillary bed, but did not cause any emboli or 
detectable effect on blood flow. Many other tests showed that these hioactive 
glasses in solid or particulate form were not toxic to any of the tissues or systems 
with which they were in contact. 1 They were shown to bond to osseous tissues and 
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Figure 6.1. The stem of a Bioglass® middle ear prosthesis is being drilled to fit over the 
stapes. The facet is approximately 0.5 mm wide. 


to soft tissues through a compliant interface and these special properties defined 
the clinical applications for which they were first used. 1 

Compositions of Bioglass®, notably 45S5, and the glass designated #9 
(S53P4) from Finland have been tested in many medical and dental applications. 
See Chapter 3 for the chemical compositions of these glasses and the mechanisms 
of bonding to tissues. Applications have required several different forms of the 
material: 

1. Solid shapes. 

2. Particulates of various size ranges. 

3. Particulates combined with autologous bone particles. 

4. Particulates delivered via an injectable system. 

Results of clinical applications are discussed in Chapters 7-12 and 30-34. 


6.2. SOLID SHAPES 

The glasses can be fabricated by casting into shaped implants for specific 
purposes where mechanical strength is of secondary importance. 2 

The first successful use of 45S5 Bioglass® was as a replacement for the 
ossicles in the middle ear, as a treatment for the conductive hearing loss which 
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develops when the sound waves impinging on the tympanic membrane do not 
reach the oval window in the inner ear (Chapter 7). Conduction loss in the middle 
ear can result from trauma, chronic infection or be due to congenital abnormality. 
Replacement of one or more of the ossicles can restore the continuity of the con¬ 
ducting system. Materials previously used have included polymers, both porous 
and solid, and metals of various types. These nearly inert biomaterials engender 
a fibrous tissue reaction which effectively holds the implant in place. Scar tissue 
around an implant, however, will dampen rather than transfer sound waves, and 
implants which promote scar tissue become gradually less efficient. The major 
mode of failure is extrusion through the tympanic membrane. When metal or 
plastic implants are in continuous contact with the soft tissue of the eardrum they 
wear through and are lost through the hole. These two problems, immobilization 
by a means other than fibrous tissue and prevention of extrusion, are solved by 
the special properties of 45S5 Bioglass®, which bonds to both hard and soft tis¬ 
sues. 1,3 A bone bond can be achieved with the remainder of the stapes if it can be 
retained to protect the connection at the oval window. A collagenous bond mim¬ 
icking the normal connection between ossicles can also be achieved if necessary 
(see Chapter 3). Most importantly, the soft tissue bond between the implant and 
the tympanic membrane eliminates the movement at that interface, which leads 
to extrusion. Success has been achieved by 45S5 Bioglass® devices even after a 
previously damaged tympanic membrane has been repaired with a skin or muscle 
graft. A typical device is shown in Fig. 6.2. The stem of the implant may be 



Figure 6.2. A Bioglass® middle ear device. 
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Figure 6.3. Endosseous ridge maintenance devices (ERMI) and matching dental burr. 


shortened and shaped to fit the individual patient. These and similar devices have 
been in clinical use for many years (Chapter 7). 

In oral surgery, cone-shaped devices made from 45S5 Bioglass® have been 
used to fill the defect in the jaw which is created when a tooth is removed (Fig. 
6.3). 4-6 Chapter 8 describes this clinical application. Removal of one or more 
teeth produces changes in the jaw bone which are followed by gradual bone loss, 
so that the normal shape of the bone which supports healthy teeth changes to a 
narrow “knife edge” ridge with reduced height, which cannot comfortably sup¬ 
port dentures. Without some means of preventing this bone loss, denture wearers 
are often destined to suffer increasing discomfort from ill-fitting dentures and in 
many cases may eventually become unable to wear dentures at all. These devices 
have now been in use for almost a decade and those made from bioactive glass 
have proven to be more successful than others which have been tried (Chapter 8). 

In Finland, an innovative use of solid, cast bioactive glass implants has 
been used in the treatment of facial injuries in which the bone which supports the 
eye is damaged. Such “blow out fractures” of the orbit have been treated by the 
insertion of a curved implant of bioactive glass to restore the floor of the orbit 
(Fig. 6.4). 7,8 A series of curved plates is cast and the most suitable one is selected 
by the surgeon at the operation. Chapter 10 summarizes maxillofacial repair using 
45S5 Bioglass® implants. Chapter 12 describes the use of the Finnish bioactive 
glass composition S53P4 in various types of spinal surgeries. 





Bioactive Glasses: Clinical Applications — Historical 


99 



Figure 6.4(a). Computer tomography (CT) of a 23-year old man demonstrates blow-out 
fracture of the right orbital floor (arrows) with herniation of orbital tissues into the maxil¬ 
lary sinus (S). 


Another use with potential for wide application is that of providing a soft 
tissue seal for an implant which passes through the skin. Electrodes, which are 
an essential part of an extracochlear implant, developed at the University of 
London to treat profound deafness, must be connected both to the cochlea (or 
inner ear) and to the complex electronics on the outside. Any material that passes 
through the skin and subcutaneous tissues without an effective seal can provide 
a channel along which bacteria, which are always present on the skin, can move 
to cause infection. This is particularly dangerous in any positioning close to the 
brain because of potentially fatal meningitis. The anchors containing the elec¬ 
trodes in this implant are coated with 45S5 Bioglass® and are implanted in the 
cranium. The implant is placed so that part is in bone, where the Bioglass® pro¬ 
vides a bond to immobilize it. The part which passes through the skin bonds to 
the soft tissues and provides the essential seal. The soft tissue bond is protected 
from damage due to movement by the bone bond and relatively thin layer of soft 
tissue overlying it. Such implants have been in place for several years with no 
significant problems. 4,5 
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Figure 6.4(b). CT scan of the same patient taken four months after correction of the 
fracture using a curved bioactive glass (S53P4) implant (arrow). (Courtesy of Dr. Kalle 
Aitasalo, Department of Otolaryngology, University Central Hospital of Turku, Turku, 
Finland.) 


6.3. PARTICULATES OF VARIOUS SIZE RANGES 

Bioactive glass in the form of particulate has found application in the treat¬ 
ment of periodontal disease. 9 In this condition the area of gum, and eventually 
bone, which surrounds the teeth becomes infected and in consequence the attach¬ 
ment of soft tissue which seals and supports the teeth is broken and infection 
reaches the bone, which is then destroyed (Fig. 6.5). As these supporting struc¬ 
tures break down, the teeth are lost. More teeth are lost due to periodontal disease 
than for any other reason. The condition is treated by combinations of surgery and 
antibiotics, but it is essential to replace lost bone and soft tissue connections if 
teeth are to be saved. Bioactive glasses have been shown to be effective for this 
use. In animal studies it was shown that bone and soft tissue connections were 
restored to a level close to that of normal teeth when a bioactive glass (45S5 
Bioglass®) which could bond to hard and soft tissues was used. Results were 
much better than with hydroxylapatite materials previously used. 9 These findings 
have been confirmed in clinical trials. Clinical use of this 45S5 Bioglass® product 
(PerioGlas®) is summarized in Chapter 9. 
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Figure 6.5(a). The normal structure of the periodontium, with insertion of the fibers of 
the periodontal ligament above the alveolar bone. 


Another application which is being developed using 45S5 Bioglass® 
particulate is for the treatment of patients with paralysis of one of the vocal 
cords. Such patients typically have had surgery, which may be for many dif¬ 
ferent reasons, in which the nerve to the cord is cut. Sounds are produced when 
the vocal cords on each side of the larynx, which form a V shaped opening 
through which air is breathed, come together and vibrate as air is expelled 
from the lungs and passes over them. If one or both cords cannot move, proper 
sound production cannot occur because air escapes and the voice is “breathy”. 
In addition, the normal vocal cords protect the airway from aspiration of fluids 
and infection. Any treatment which can move the paralyzed cord close to the 
functional one so that closure can occur is effective in restoring voice and 
preventing infection. Such a treatment can be obtained by placing particulate 
Bioglass® behind the paralyzed cord. The material remains bonded in the soft 
tissues, producing an augmentation which displaces the paralyzed cord to 
where it can function. The augmentation is more effective than that produced 
by an injectable material of PTFE, which has been used for this purpose, 
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Figure 6.5(b). The changes due to periodontitis. The fibers have been disrupted and the 
bone eroded. A successful treatment for this condition must restore the periodontal liga¬ 
ment as well as augment the alveolar bone. (Figures courtesy of Dr. Samuel B. Low, 
Department of Periodontology, College of Dentistry, University of Florida, Gainesville, 
Florida.) 


because of the bonding to soft tissue which occurs and retains the bioactive 
glass at the site. The augmentation is due to the retained glass and not the 
granulomatous reaction to an inert polymer, which can disappear with migra¬ 
tion of polymer beads from the site. Such migration has produced embolism 
distant from the site, which has been damaging. There are no such emboli after 
administration of particulate Bioglass®. Attempts to detect emboli have 
included light microscopy of adjacent tissues, drainage and other lymph nodes 
as well as chemical analysis of tissues in which emboli might conceivably be 
found. No sign, either direct or indirect, of migration of Bioglass® particles has 
been found, and this, combined with specific administration of particulates in 
vivo and in vitro during toxicity testing, show that migration and embolism are 
not a problem. 1 
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6.4. PARTICULATES WITH AUTOLOGOUS BONE 

The success of particulate material in restoring bone in the periodontal 
area, where the surgical site preparation releases bone fragments and associated 
growth factors to combine with the bioactive glass, has led to a series of investiga¬ 
tions in which the glass has been mixed with autologous bone before implanting. 6 
The best material for restoring lost or damaged bone for reconstructive and cos¬ 
metic reasons is undoubtedly fresh autologous bone, which carries none of the 
potential problems of rejection or viral contamination that are of concern when 
banked or freeze-dried bone are used. See Chapter 10 for details. Such bone can 
be harvested locally or from a site such as the iliac crest and it is the “gold stand¬ 
ard” for bone grafts. However, it is rarely available in large quantities and removal 
may leave a compromised ilium, which may itself then need treatment. In addi¬ 
tion, there is significant morbidity associated with this procedure. Applications in 
which available autologous bone fragments are extended by mixing with bioactive 
glass are used in maxillofacial reconstruction (Chapter 10). Granules, powders 
and small blocks of glasses 45S5 and S53P4 have been combined, using a layer¬ 
ing technique with available bone in patients with bone defects resulting from 
bone cysts and tumor removal. Patients with chronic frontal sinus infections, 
chronic pansinusitis and mucocele have been successfully treated in this way. 
A particular advantage seems to be the flexibility within the system, using blocks, 
powder, granules and bone as needed and as available. Successful results have 
been achieved in patients with conditions that have been considered intractable. 
For many reconstructive purposes, the mechanical properties of the bone used are 
secondary in importance to the implant’s ability to fill space and be stable. Some 
applications exist in which improvement in mechanical properties as well as vol¬ 
ume is desirable. One such application is the reconstruction of the lower jaw, or 
mandible, after tumor removal or post-traumatic injury. For details see Chapter 
10. The restored mandible must be both aesthetically pleasing and be able to sup¬ 
port the stress of chewing. Microsurgical techniques have been developed which 
permit successful movement of a piece of bone, together with a blood supply. The 
bone chosen is usually rib, but sometimes it is the fibula, and the aesthetic require¬ 
ment of a reconstructed mandible can be met. Unfortunately such bone is rarely 
strong enough or big enough to satisfy mechanical requirements. In experiments 
using 45S5 Bioglass® particulates combined with autologous bone fragments in 
dogs, ribs have been augmented to up to ten times their original cross-sectional 
dimension. This increase in bone volume will supply more satisfactory mechanical 
properties when bone augmented in this way is used in load bearing situations. 
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Figure 6.6(a). Radiograph of a 69-year old woman shows that the amount of bone in the 
area of left maxillary sinus (S) is insufficient (arrows) to support dental implants. A sinus 
lift operation using a mixture of bioactive glass granules and autologous bone chips was 
made to achieve more bone on the floor of the maxillary sinus. Implants were inserted 
eight months after the sinus lift operation. 



Figure 6.6(b). Radiograph of the same area six months after insertion of implants of 
S53P4 bioactive glass shows considerable increase in the amount of bone on the floor of 
the maxillary sinus. Note good osseointegration of the fixtures. (Courtesy of Dr. Juha 
Peltola, Department of Oral Diseases, University Central Hospital of l’urku, Turku, 
Finland.) 
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However, this will require careful long-term follow-up studies since all bone 
(autologous, freeze dried or augmented) remodels under use conditions and the 
final remodeling will not take place until some time after transplantation. 

A mixture of bioactive glass granules and autologous bone chips has also 
been used in situations where the amount of bone is insufficient for dental implants 
to be inserted. This is a rather common problem in posterior parts of the upper jaw 
(or maxilla), where, as a result of resorption of the alveolar crest, only a thin bone 
plate many be found in the floor or maxillary sinus. In such situations the mixture 
is grafted to the floor of the maxillary sinus, around fixtures projecting into 
the sinus. Results of this so called “sinus lift” operation are promising (Fig. 6.6). 

Hench, Hench and Greenspan review numerous publications of this appli¬ 
cation. 6 Various orthopedic applications are presented in Chapters 11 and 12. 
Potential applications in tissue engineering are given in Chapter 32. New 
approaches to prevent tooth pain sensitivity and dental cavity preparation using 
45S5 Bioglass® powders are presented in Chapters 30 and 31, respectively. 


6.5. PARTICULATES BY INJECTION 

A final group of applications are those which depend on the soft tissue 
adhesion of these materials and which are facilitated by the ability to introduce 
them by injection. For such applications, the interrelationships between particle 
size and shape, characteristics of the vehicle and needle size and length provide 
many problems which need to be solved before bioactive glasses may be used in 
this way. When these problems can be overcome and the bioactive glass particles 
placed as required the treatments are effective. Preclinical experiments in animals 
have concentrated on the treatment of two urological conditions which occur in 
children and some adults. 6 

The principle of tissue augmentation is the same as described for the 
movement of vocal cords, which is to augment specific areas of soft tissue safely 
(and as far as possible) permanently in a controlled fashion. In patients with 
incontinence due to decreased urethral resistance, such as those with spina bifida 
and bladder exstrophy, effective treatment results from tissue augmentation periu- 
rethrally, which increases urethral resistance. Such treatment with a suspension 
of PTFE has been effective, but for reasons already given, a replacement material 
is needed. When tested in an animal model, marked increases in urethral resist¬ 
ance were achieved and were maintained up to three months. The treatment is 
expected to be equally effective in children and clinical trials await the develop¬ 
ment of a satisfactory combination of materials and delivery system. 
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A second condition, ureteral reflux, is also amenable to treatment by spe¬ 
cific localized areas of soft tissue augmentation. In this condition there is a failure 
of the mechanism which normally prevents a back flow (or reflux) of urine from 
the bladder to the ureter. Such reflux allows bacteria, found normally in the blad¬ 
der, to reach the kidneys, causing pyelonephritis and associated kidney damage. 
If reflux cannot be prevented, treatment must include a lifetime of antibiotic 
therapy, which is undesirable. If the soft tissues beneath the ureter, at the point 
where it enters the bladder, can be augmented, the reflux can be controlled. 
Preclinical experiments in animals have shown that this is feasible. However, 
clinical application requires that injection be made via an endoscope to avoid 
open surgery, particularly since the injection may need to be repeated if the effect 
is found to be insufficient or transitory. Clinical trials again await the develop¬ 
ment of a satisfactory combination of materials and delivery system. Hench, 
Hench and Greenspan summarize these studies with references. 6 


6.6. SUMMARY 

Bioactive glass materials are available in a range of compositions and 
implant shapes which are able to bond to soft tissues and/or hone. These materials 
vary in their reactivity and speed of bonding and in the ability of the bone to 
provide mechanical strength. They have been successfully applied as solids and 
particulates and may be combined with other materials, both natural and syn¬ 
thetic, to provide treatment for many disparate clinical conditions. 
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Chapter 7 

CLINICAL APPLICATIONS OF BIOACTIVE 
GLASSES: ENT 

Larry L. Hench 


7.1. INTRODUCTION 

The discovery of the composition of 45S5 bioactive glass (Bioglass®) in 
1969 and the surface reaction mechanisms that result in the formation of a chemical 
bond with living tissues is described in Chapter 3. 1-3 For many years it was assumed 
that only bone would form a bond to bioactive materials, including bioactive 
glasses, glass-ceramics and calcium-phosphate based bioceramics, as discussed in 
Chapters 3-20. 1-3 However, a seminal paper by Wilson et al. in 1981 proved that 
soft connective tissues could also form a bond to 45S5 Bioglass®. 4 Dr. Wilson con¬ 
tinued the investigation of the interfacial interaction of soft tissues and established, 
in a key paper with David Nolleti, the compositional dependence of the bonding of 
bioactive glasses to soft tissues. 5 This paper showed that only glass compositions 
with sufficiently rapid surface reaction rates would form a soft tissue bond. The 
rapidly growing silica-rich surface layer nucleates growth of a thicker hydroxylcar- 
bonate apatite (HCA) layer that chemically bonds to collagen fibrils produced by 
fibroblasts at the implant-tissue interface. The thickness of the bonding layers 
increase with time, as reviewed in Chapter 8. The thickness after several months is 
several hundred micrometers, equivalent to natural junctions between hard and soft 
tissues, such as tendons, ligaments and bone or the periodontal ligament and teeth. 
The capability of both hard and soft tissue bonding is of special relevance to this 
chapter. The thickness of the bonding layer between ossicles and the tympanic 
membrane (TM (ear drum)) are duplicated by the 45S5 Bioglass® implant. 5-7 The 
soft tissue bonding glasses are restricted to glass compositions in the middle of the 
bioactive boundary described in Chapter 3. These compositions of bioactive glass 
that exhibit both bone and soft tissue bonding are termed Class A bioactive materi¬ 
als. 1-5 When the glass composition exceeds 52% by weight of SiO, the glass will 
bond to bone but not to soft tissues, and are termed Class B bioactive materials. 
This finding of stable strong interfacial bonding to soft tissues as well as bone 
provided the basis for the clinical use of Bioglass® in ossicular replacement, recon¬ 
struction of other ear, nose and throat (ENT) defects and also for implants to main¬ 
tain the alveolar ridge of edentulous patients (Chapter 8). 
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7.2. CLINICAL NEED 

Conductive hearing loss occurs when the pathway of acoustic transmission 
between the TM and the oval window is broken. 8 9 This can happen as the conse¬ 
quence of numerous pathological conditions, such as the dissolution of ossicles 
due to chronic middle ear infections (otitis media). The bacterial or viral infec¬ 
tions can spread to the mastoid bone of the middle ear ( mastoiditis ). This is a 
severe condition that often requires surgical intervention which may involve 
removal of some or all of the auditory bones. Other conditions include the devel¬ 
opment of a cholesteatoma, which is a formation of cholesterol crystals in the 
middle ear that exert pressure on the surrounding tissues, including the ossicles, 
leading to damage of the bones. Many patients exhibit a combination of the above 
diseases and require surgery. Treatment to restore hearing requires restoration of 
the ossicular chain between the TM and the oval window. Lobel describes several 
of the types of devices used to replace missing ossicles. 9 Clinical success depends 
upon many factors and may be measured as improvement in hearing, change in 
the speech reception threshold, the air-bone gap and the pure tone average, dis¬ 
cussed in reviews. 8 ' 9 The major cause of failure is extrusion of the device used to 
replace all or parts of the ossicular chain through the tympanic membrane. 
A conference acknowledged that Wullstein was the first surgeon to recognize that 
alloplastic materials could be used to restore hearing in ENT patients with a 
destroyed stapes superstructure, 10 leading to worldwide acceptance, especially 
following work by Shea that pioneered the use of polyethylene devices for middle 
ear prostheses. 10 The early work was reviewed in an international meeting in 1983 
with the conclusion that “The short-term results with all alloplastic materials 
were usually excellent but the implants tended to extrude with time when they 
were in contact with the eardrum”. 10 


7.3. ALTERNATIVE OSSICULAR PROSTHESES 

An extensive review by Lobel describes the numerous types of materials 
and device designs used to restore the ossicular chain. 9 For many years homo¬ 
grafts and autografts were considered the best available material for repair or 
replacement of ossicles. However, concerns over availability of graft material 
from cadavers and transmission of diseases that can affect the neurological sys¬ 
tem, such as prions, have led to use of allografts. Polyethylene (PE) devices used 
with and without cartilage between the implant and the TM have been the most 
popular. 910 Hydroxyapatite (HA), Ceravital® bioactive glass-ceramic and alumina 
implants have also been used for this application. Short-term success of 
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Time (Years) 


Figure 7.1. Survivability of various middle ear prostheses devices based upon loss by 
extrusion or displacement. 


restoration of hearing was often achieved; however, it was rare to obtain long-term 
(>10 years) retention of ossicular replacement devices. Figure 7.1 summarizes the 
series of clinical results reviewed by Lobel. 9 Although various criteria for perfor¬ 
mance were reported in the review, the most significant is survivability of the 
implant from extrusion, the ordinate of Figure 7.1. The data show that survivabil¬ 
ity decreases greatly after three years post-implantation for either the bioinert 
(PE) or Class B (HA, Ceravital®) implants, becoming as great as 40% extrusion 
by five years. Extrusion of the device through the TM remains the primary cause 
of long-term failure. 


7.4. FIRST BIOGLASS® CLINICAL PRODUCT: 

REPLACEMENT OF OSSICULAR BONES 

The first Bioglass® clinical product cleared for marketing in the United 
States was a device used to treat conductive hearing loss by replacing the bones of 
the middle ear. 3 The device was called the “Bioglass® Ossicular Reconstruction 
Prosthesis”, and trademarked “MEP®”. The device was cleared via the 510(k) pro¬ 
cess in January 1985. It was a solid, cast Bioglass® structure that acted to conduct 
sound from the tympanic membrane to the cochlea. The advantage of the MEP® 
over other devices in use at the time was its ability to bond with soft tissue (tym¬ 
panic membrane) as well as bone tissue. Tests of interfacial stability between 
Bioglass® implants and components of the ossicular chain were conducted in mice 






112 


An Introduction to Bioceramics 2nd Edition 


by Merwin and Wilson at the University of Florida ENT department. 7 Successful 
bonding of small Bioglass® fibres to the stapes and the TM 11 were demonstrated, 
leading to ethical committee approval of clinical trials at the University of Florida. 8 
The success of the early University of Florida trials 8 and evidence of bonding to the 
TM to prevent extrusion led surgeon Ellis Douek, head of ENT at Guy’s Hospital 
in London, to start clinical trials as well. The results of ten-year follow-up of both 
clinical trials are presented in Wilson, Douek and Rust. 12 The most important find¬ 
ing was that no implant was lost by extrusion at any time during the ten years. 
Good quality of hearing was maintained in all of the patients examined that had 
intact implants. The study found that a few of the earliest implants had fractured at 
some time post implantation. The source of fracture was ascertained to be due to 
either microcracks developed from machining the implant to fit securely into the 
implant site or failure at post-stem junctions. These problems were alleviated in 
later devices by using a more robust and simpler design of the Bioglass® device, 
trademarked the Douek MED®. Use of the micromachining techniques reported by 
Merwin et al . 13 also prevents mechanical failure of the device post-implantation. 
The new design led to a follow-up trial of 22 patients that has been treated by Ellis 
Douek since 1992, with all of the patients having hearing improvement and no 
implant extrusions or fractures at the time of reporting. 12 Details of long-term fol¬ 
low-up of the University of Florida patients are in the paper by Rust et al. u 

Other uses in head and neck surgery of bioactive glasses are described in 
the historical review and bibliography in Hench, Hench and Greenspan 3 and in 
Chapter 10. 

7.5. RECONSTRUCTION OF THE POSTERIOR 
CANAL WALL 

As mentioned above, mastoiditis is a severe condition caused by infection 
that often requires surgery. 15 Acute cases must have reconstruction of the attic and 
posterior canal to restore a proper anatomic configuration and function. The goal 
of the reconstruction is to create an aerated mastoid cavity which is contiguous 
with the tympanic cavity. Many materials have been utilized for reconstruction 
over the years, including a variety of autologous and synthetic options; the most 
popular being autologous elastic cartilage from the concha, widely considered to 
be the standard technique in attic and posterior canal wall reconstruction. 15 
However, a limitation of this procedure is the need for second site surgery, with 
associated prolonged operative time and potential added morbidity. 

Bioactive glass is likely to be the most suitable synthetic substitutes for 
conchal cartilage due to the ability to bond to both soft and hard tissues 1-7 and 


Clinical Applications of Bioactive Glasses: ENT 


113 


produce an antimicrobial effect. 16 Prior studies in otology have tested 45 S5 
Bioglass® for ossicular and canal wall reconstruction. 14 A recent paper by 
Abramovich et al. has compared the effectiveness of bioactive glass implants 
with conchal cartilage in reconstructing the attic and posterior canal wall follow¬ 
ing tympanomastoidectomy. 15 A first cohort of 12 patients underwent attic and 
posterior canal wall reconstruction with autogenous conchal cartilage at 
St Mary’s Hospital, London. A second cohort of 12 patients underwent recon¬ 
struction at St Mary’s with prefabricated Bioglass® devices custom made by 
Dr. Ian Thompson at Guy’s Hospital, London. 

The results reported by Abramovich et al. 15 were: 

By one year postoperatively, both reconstructive graft materials showed good epi- 
thelialisation, no granulation, no infection, no ear canal stenosis and no extrusion. 

At operative second-looks, Bioglass particularly showed good tissue bonding, 
including both neovascularisation and connective tissue integration. Overall clinical 
outcome was equivalent for both materials. Both graft materials showed no statisti¬ 
cally significant difference in post-operative hearing levels. 


7.6. CONCLUSION 

Bonding of Class A bioactive glasses to both bone and soft connective tis¬ 
sues, such as the tympanic membrane, make it possible to reconstruct compo¬ 
nents of the ear, nose and throat system and achieve long-term clinical results 
without extrusion of the implants. 
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Chapter 8 


CLINICAL APPLICATIONS OF BIOACTIVE 
GLASSES: ENDOSSEOUS RIDGE 
MAINTENANCE 

Larry L. Hench 


8.1. INTRODUCTION 

In 1984 it was estimated that nearly 10% of the US population, approxi¬ 
mately 20 million, had all or most of their teeth missing, i.e. were edentulous. 
Many of these individuals were wearing dentures but 70% were dissatisfied with 
them. 1 A major source of the dissatisfaction was the continuous resorption of the 
alveolar ridges that support the denture. Alveolar ridge bone loss not only reduces 
stability of dentures but also contributes to a progressive deterioration of oral 
health and systemic health problems. 2 These complications are severe in elderly 
patients, especially those that have been edentulous for many years. Ridge resorp¬ 
tion can progress so rapidly after tooth extraction that dentures cannot be worn 
for more than a short period of time before a reline or rebase is necessary. This is 
expensive and time consuming and may he impractical for many elderly patients 
on limited incomes. Often, resorption is severe enough that there is insufficient 
alveolar bone remaining for any denture retention. Consequently, extreme alveo¬ 
lar bone resorption is termed “a major disease entity” for the elderly. 2 The 
rapidly-increasing world population, combined with increased life expectancy, 
leads to a projected population of edentulous people in the range of 100-200 mil¬ 
lion by 2020. Thus, there is great need for a rapid, technically simple, inexpensive 
and effective means of maintaining the structure and stability of alveolar ridges 
following tooth extraction. 

Loss of natural teeth quickly initiates a remodelling of the bone of the 
residual alveolar ridge. 1 The contour of the alveolar bone undergoes continu¬ 
ous change according to the degree of stress applied. The total amount of 
bone resorbed and the rate of resorption differ for each individual and can 
vary greatly in the same individual at different times. 1 Ridge resorption 
occurs most rapidly in the first 6-24 months after extraction. However, in 
some people resorption continues to remove large amounts of bone until 
death. 1 The resorption rate of the mandible is typically four times the rate of 
the maxillae. 2 
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Figure 8.1. Survivability of alveolar ridge maintenance implants. See Stanley et al. for 
sources of clinical data represented in the graphs. 2 


8.2. THE IDEAL TOOTH REPLACEMENT 

Various techniques have been tried to preserve or rebuild the edentulous 
alveolar ridge, most with limited success. 1,2 Since loss of natural tooth roots is the 
basic cause of loss of the alveolar ridge, the most logical biological approach to 
solving this problem is to replace natural tooth roots with artificial implants, as 
suggested and tried by Dennisen and colleagues. 3 Results of the early studies 
using synthetic hydroxylapatite (HA) ceramic cones to replace tooth roots were 
favourable. 3 However, subsequent studies in other clinics with similar HA 
ceramic cones resulted in much lower clinical success, as shown in Fig. 8.1, 
which is based upon data analyses of eight clinical studies. 2 Analysis of the cause 
of failure of the HA cones has led to a set of design criteria for an ideal tooth root 
replacement, first proposed by Stanley et al. in 1996 2 and expanded for this chap¬ 
ter as Table 8.1. 
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Table 8.1. Requirements for an Ideal Tooth Replacement Implant. 

1) No evidence of early resorption of the implant material 

2) Acceptable strength to fill the space without crushing under masticatory forces 

3) Strong attachment to hard tissues at the implant-bone interface 

4) Strong attachment to soft connective tissues at gingival interface 

5) Normal distribution of forces to the alveolar bone 

6) No adverse host reactions 

7) Inexpensive 

8) Easy to place in the tooth root socket with minimal socket preparation 

9) Available in multiple sizes to match dimensions of the tooth root socket 

10) Easy to sterilize 

11) Easy to re-contour, when necessary 


8.3. CLINICAL FINDINGS OF HA CONE IMPLANTS 

Figure 8.1 summarizes the wide range of success and failure of HA 
cones based upon eight clinical studies reviewed by Stanley et al. 2 Their analy¬ 
sis of the HA failures suggests that numerous variables affected the clinical 
performance. These include: fit of the implant in the tooth root socket; tech¬ 
nique of implantation; shape of the implant; contouring of the implant at time 
of surgery; primary closure; length of healing period prior to fitting of dentures; 
condition of the alveolar ridge at time of surgery and oral hygiene. They also 
concluded that: 

the concept of prevention of alveolar ridge resorption is valid for implants that 
remain in place. However, loss of HA implants by loosening or exfoliation is too 
high to justify general clinical use. 2 


8.4. BIOGLASS® ENDOSSEOUS RIDGE MAINTENANCE 
IMPLANTS (ERMIs) 

The discovery of bone bonding 4 and soft tissue bonding 5 of 45S5 
Bioglass® provided a new approach to satisfying all 11 criteria for an ideal 
tooth replacement material listed in Table 8.1. Until 1981 it was assumed that 
only bony tissues would form a bond to bioactive materials. A paper by 
Wilson et al. proved that soft connective tissues could also form a bond to 
45S5 Bioglass®. 5 See Chapter 3 for a discussion of the composition and bond¬ 
ing mechanisms of 45 S5 Bioglass®. This is one of the most important papers 
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in the history of Bioglass® technology and clinical product development for 
two reasons. The discovery of soft tissue bonding is one, as discussed in 
Chapter 3. The second is the extensive documentation in the paper of the 
results of more than 20 in vitro and in vivo tests that establish the safety of 
use of bulk as well as particulate forms of Bioglass® implants. This compen¬ 
dium of data provided the basis for ethical committee approval of the use of 
Bioglass® in clinical trials at the University of Florida, as discussed below. 

Wilson continued investigation of the interfacial interaction of soft tis¬ 
sues and established, in a key paper with David Nolleti, the compositional 
dependence of the bonding of hioactive glasses to soft tissues. 6 Only glass 
compositions that exhibit rapid surface reaction rates form a soft tissue bond. 
These glasses are restricted to the compositions in the middle of the bioactive 
boundary, shown in Chapter 3. Details of the surface reactions are also dis¬ 
cussed in several review articles. 7-9 When the glass composition exceeds 52% 
by weight of Si0 2 the glass will bond to bone but not to soft tissues. This find¬ 
ing provided the basis for clinical use of Bioglass® in ossicular replacement 
(Chapter 7) and also for implants to maintain the alveolar ridge of edentulous 
patients, the subject of this chapter. 

By the mid 1980s sufficient animal data had been accumulated that safety 
of use of bioactive glasses as prostheses seemed assured. 5 ' 10 ' 11 Ethical permission 
was obtained from the J. Hillis Miller Health Center at the University of Florida 
to commence clinical trials of endosseous ridge maintenance implants for preser¬ 
vation of the alveolar ridge, and these trials began in the College of Dentistry 
under direction of Dr Harold Stanley, Professor and Chairman of Oral Medicine, 
and Drs A.E. Clark and Matt Hall. Successful results from these trials 12 led to 
application for regulatory approval by the FDA for commercial use of Bioglass® 
prostheses. See Chapters 38 and 39 for a discussion of the pathways for regulatory 
approval and Chapter 40 for the technology transfer steps that lead to a commer¬ 
cial product. 

The second Bioglass® device to be placed into the US market was the 
Endosseous Ridge Maintenance Implant (ERMI®), which was cleared via the 
510(k) process in November 1988. 7 The device was intended to support labial and 
lingual plates in natural tooth roots and to provide a more stable ridge for denture 
construction following tooth extraction. The devices were simple cones of 45S5 
Bioglass® that were placed into fresh tooth extraction sites. They bonded to the 
bone tissue and proved to be extremely stable, with much lower failure rates than 
other materials that had been used for that same purpose. A number of clinical 
studies supported the regulatory clearance and have been published as reviewed 
previously. 2 ' 7 
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8.5. FEATURES OF 45S5 BIOGLASS® RELEVANT 
TO AN IDEAL TOOTH ROOT REPLACEMENT 

There are several characteristics of 45S5 Bioglass® that satisfy some of the 
most critical requirements of an ideal tooth root replacement listed in Table 8.1. 

1) The bioactive material bonds rapidly to both cortical and cancellous hone. 

2) The material forms an adherent bond with the collagen of soft connective 
tissues. 

3) It develops an inorganic interfacial reaction zone of 200-300 pm thickness 
composed of an elastically compliant hydrated silica gel layer and a 
hydroxylcarbonate apatite (HCA) layer bonded to tissues. The inorganic 
bonding zone mimics the thickness and mechanical properties of the perio¬ 
dontal membrane. 

4) It stimulates proliferation of bone due to activation of bone progenitor stem 
cells which leads to interfacial bonding within a few weeks of implantation 
and regeneration of bone to fill spaces between the implant and living 
tissue. 

5) The chemically bonded interface between the implant and host bone trans¬ 
fers stress to maintain the health of the bone and prevent resorption. 

8.6. CLINICAL RESULTS OF 45S5 BIOGLASS® ERMIs 

Figure 8.1 summarizes the results of a series of clinical studies pub¬ 
lished by Stanley et al. during the period 1986-1994. 1,213 Long-term follow-up 
of 20 of the original 29 patients consisted of 12 males and 8 females, with a 
mean age at the time of surgery of 42.3 years (range 24-76 years). 13 Originally 
a total of 168 implants were placed in these patients; 14 received complete 
maxillary/mandibular dentures and 6 received the combination of a complete 
maxillary denture and a mandibular removal partial denture. After an average 
post-implant period of 51.13 months (range 36-71 months) a total of 21 
(12.5%) implants had been lost (average 30.9 months) and 13 (7.7%) had been 
recontoured (average 17.0 months, range 4-64 months). Of 83 cones placed in 
the maxilla, three (5.3%) of 57 in anterior sites and three (17.6%) of 17 in 
posterior sites were lost. Of 85 placed in the mandible, 9 (17.3%) of 52 were 
lost from anterior sites and 4 (12.1%) of 33 from posterior sites. 

Generally, the anterior mandible has the highest implant survival rate and 
the posterior maxilla the lowest survival rate, success usually declining when 
implants are placed in more porous bone. In the 20 recalled patients, the order of 
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success of the implants was: maxillary anterior implants had the highest success 
rate; second were mandibular posterior implants; third the maxillary posterior 
implants; and least successful were the mandibular anterior implants. 

Requirements of recontouring of the implants and relining of the dentures 
are summarized in previous reviews. The average time interval for a reline of the 
maxillary complete denture in patients with a removable mandibular partial den¬ 
ture was shorter (10.9 months) than the average interval for reline in patients with 
two complete dentures (14.4 months). Early use of dentures to slow the rate of 
resorption after ERMI implantation did not seem to be important. The initial early 
rate of alveolar ridge resorption, which takes the remaining bone down to the 
level of the implanted cones, continues, regardless of the time placement of den¬ 
tures. The results of Figure 8.1 show that 45S5 Bioglass® ERMIs will probably 
succeed in any location, provided there is sufficient bone present and they are 
placed deeply enough to provide interfacial stability and dentures are placed after 
sufficient healing time of the soft tissues. 1 ' 2 3 ' 13 


8.7. FACTORS FOR CLINICAL SUCCESS 

Differences in clinical methods as well as variables in the implant materi¬ 
als and designs are responsible for the large difference in clinical success of 
Bioglass® cones versus the general failure of HA cones in edentulous patients. 
The most important differences are summarized here, based upon analysis and 
reviews by Stanley. 1 ' 213 

1) Bioglass® cone implants were placed deep in the ridge, 2 mm below the 
crestal bone, to maximize bone-implant contact, leading to a tight fit that 
was immobile. This deep placement also avoided any need to recontour the 
implant itself. Placing the implants below the crestal protected them from 
permucosal dehiscence due to bone resorption and pressure mobilization 
induced by removable prostheses. 

2) Special dental burs were developed that matched the shape and dimensions 
of the cone implants. 

3) The burs were used at low speeds of <2000 rpm with copious irrigation to 
prepare the bone bed for the implant immediately post-extraction. This pro¬ 
tocol thereby minimized trauma to the implant site and preserved a bone bed 
with sufficient number of osteoprogenitor cells to rapidly regenerate bone. 
See Chapter 3 for details of the steps and requirements for bone regeneration 
in the presence of Class A bioactive implants such as 45S5 Bioglass®. 
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Figure 8.2. Development of reaction layers on Bioglass® ERMI ridge maintenance 
implants for (A) soft tissue interface and (B) bone interface. Inserts are the calculated 
elastic modulus gradients of the (A) implant-soft tissue interface and (B) bone-implant 
interface. The figure is based upon results of Wilson el al. and Weinstein el a/. 14,13 


4) The ERMI implant system consisted of a set of 12 conical implants with 
rounded tops and 4 burs. The range of sizes of the implants made it possible 
to match implant to dimensions of the tooth socket and thereby ensure a close 
fit with minimal site preparation. 

5) Use of a primary mucosal closure by suturing. 

6) Delay of placement of dentures for at least six weeks to allow implant-tissue 
bonding to occur without disturbance of the bioactive interface. 

Rapid formation of the interfacial bonding layers and fast regeneration 
of new bone at the implant-bone interface makes the Bioglass® implant stable 
and ensures proper stress transfer to the alveolar bone to prevent onset of 
resorption. A study in dogs conducted by Wilson et al. using the same implants, 
burs and protocol as for humans made it possible to achieve a quantitative histo- 
morphometric analysis of the hard and soft tissue bonding interfaces of the 
ERMIs. 14 Within three months the bonding had stabilized for both hard and soft 
tissues. The soft tissue was bonded by collagen fibres interdigitated in a 
150-400 pm thick bonding gel layer composed of biological HCA and an 
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underlying silica-rich gel layer that began to form on the implants within min¬ 
utes of implantation (Fig. 8.2A). The thickness of the soft tissue bonding layer 
was nearly 50% thicker than the bonding zone between bone and the implant, 
shown in Fig. 8.2B. The thickness of both bone and soft tissue interfaces was 
stable after about seven months, as shown in Fig. 8.2. 14 

The elastic compliance (stiffness) of this bonding zone and the favourable 
stress transfer resulting from the bonding of collagen fibrils is likely to be related 
to the short- and long-term success of the 45S5 Bioglass® ERMIs. 15 In contrast, 
synthetic bioceramic HA implants bond much more slowly and form a bond only 
to bone with a thickness of bone-implant bond of less than 1 pm. This thin bond¬ 
ing interface results in a much greater, factor of 400, gradient of elastic modulus 
between the living and non-living materials. The unnatural gradient in elastic 
modulus results in large stress gradients to the bone 15 and stimulates resorption 
and failures, such as shown in Fig. 8.1. 


8.8. CONCLUSIONS 

The long-term success of 45S5 Bioglass® endosseous ridge maintenance 
implants (ERMIs) are attributed to rapid bonding to both bone and soft connec¬ 
tive tissues that lead to a stable implant in the tooth root bed. All the conditions 
of an ideal implant for prevention of alveolar ridge resorption are met by the 45 S5 
Bioglass® ERMI system. 
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Chapter 9 


CLINICAL APPLICATIONS OF BIOACTIVE 
GLASSES: PERIODONTAL REPAIR 

Paul Robinson II 


9.1. INTRODUCTION 

Periodontal disease (PD) affects the supporting structures of the teeth. 
Five to twenty per cent of all populations suffer from severe stages of general¬ 
ized PD, while a majority of adults are affected by mild to moderate PD. 1 PD 
is believed to stem from a host response or the accumulation of bacteria on 
the gums and teeth, which can lead to subsequent degradation of the sur¬ 
rounding bone. Deposits of bacteria reside within films of plaque which can 
degrade the gum forming pockets around the teeth, thereby exposing deeper 
bony structure and increasing the risk of inflammation and infection. A num¬ 
ber of factors that can exacerbate PD include poor nutrition, smoking, poor 
dental hygiene, accumulation of hard tarter deposits (calculus), low heredi¬ 
tary resistance and complications arising from diseases such as diabetes. This 
chapter will present the general structure of teeth, the common treatments for 
PD and the application of bioactive materials for the regeneration of dental 
tissues. 


9.2. DENTAL TISSUE STRUCTURE 

The hard tissue of the tooth is comprised of three calcified connective tis¬ 
sues (Fig. 9.1). The main body of the tooth — the dentin — is protected by hard 
enamel that protrudes above the gum line. The remaining dentin sits within the 
bony socket below the gum line and is encased by the dental cementum. 
Categorically, the enamel and dentin form the anatomical crown, while the sub¬ 
gingival dentin and dental cementum constitute the anatomical root. Within the 
dentin is the pulp cavity containing loose connective tissue, blood vessels and 
nerve fibers. 

Apart from the structure of the tooth are four common sub-gingival tis¬ 
sues affected by periodontal disease: (1) the gingivae, (2) the periodontal liga¬ 
ment, (3) the dental cementum lining at the tooth roots and (4) the alveolar 
bone. 1-4 
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Figure 9.1. Tooth structure illustrating components of a healthy tooth (left) compared to 
unhealthy symptoms of PD (right). The anatomical crown includes supra-gingival struc¬ 
tures, i.e. enamel and dentin; the anatomical root involves all other sub-gingival structures. 


1. Gingivae: a fibrous tissue that attaches to the tooth by a specialized tissue 
lining called the functional epithelium, which seals the interface between the 
soft and hard tissues. 

2. Dental cementum: this thin mineralized tissue of ectomesenchymal origin 
covers the roots of teeth. The dental cementum supports the attached tooth 
by anchoring embedded collagen fibers of the periodontal ligament. 

3. Periodontal ligament: this highly vascularized and fibrous connective tissue 
of collagen fiber bundles surrounds and attaches the roots of teeth with the 
supporting alveolar bone socket. The periodontal hgament bears most of the 
mechanical forces that occur during normal oral activity. Since the turnover 
rate of the periodontal ligament is high, it can be used to detect frequent 
remodeling or suggest PD. 

4. Alveolar bone: the alveolar bone socket ( alveolus ) comprises compact bone. 
The periodontal ligament inserts into it and supports the tooth. The alveolar 
bone can resorb following tooth extraction or remodel during regular 
mechanical loading. 
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9.3. PERIODONTAL DISEASES 

Periodontal diseases affect adolescents and adults. The most severe cases 
of PD are observed in adults after the age of 30. Dentists classify at least three 
types of PD (Fig. 9.1) 1 : 

• Gingivitis: gingivitis is an inflammatory response aggravated by hormonal, 
disease or drug-related stimuli, but it is most commonly associated with the 
accumulation of plaque around the teeth. Symptoms include swollen gums 
that easily bleed and it is observed both in youths and adults. As these symp¬ 
toms indicate an early stage of PD, this disease is not commonly found in the 
bone and the symptoms are often reversible in younger patients. 

• Periodontitis {pyorrhea): periodontitis is the most common form of PD. 
Bacterial plaque mineralizes and extends down into tooth root. With time, the 
gums reduce in health as tissues gradually recede from the tooth forming 
pockets 1-3 mm deep. As plaque proceeds below the gum line, bacterial 
toxins combine with the body’s immune responses and gradually break down 
supporting alveolar hone and connective tissue. Symptoms include hyper¬ 
sensitivity to temperature gradients and to fluid flow through tubule struc¬ 
tures located within the dentin. Unlike less severe cases of PD, periodontitis 
requires treatment to stop progression and to prevent further degradation of 
the periodontal ligament and superficial alveolar bone. 1 Related treatments 
will be further discussed in the next section. 

• Periodontosis: periodontosis is a rare form of PD found in adolescents and 
young adults. Although a patient suffering from periodontosis may experi¬ 
ence little inflammation or discomfort, X-rays can reveal destruction of the 
molars and upper incisors. 


9.4. TREATMENTS, SURGERY AND REGENERATION 

A series of treatments are available to reduce or repair the effects of PD. 
These treatments range from moderate medical intervention to more invasive 
surgical procedures. The primary treatment recommended by most dentists aims 
to prevent bacteria buildup. Patients can independently reverse early forms of PD 
by regular brushing and flossing while maintaining a healthy, nutritional diet. 
A secondary treatment is a form of deep gingival cleaning offered by a dental 
hygienist called scaling and root planing. Scaling involves scraping calculus 
buildup from the tooth surface. Root planing removes rough surfaces of the tooth 
root to reduce bacteria that contribute to disease. A tertiary measure of treatment 
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Table 9.1. Treatments of Periodontal Disease (PD). 


Medication 

Application 

Antimicrobial mouthrinse 

Prescription mouthrinse containing anti¬ 
microbial chlorhexidine 

Antibiotic gel 

A gel containing antibiotic doxycycline 
placed in pockets for slow release follow¬ 
ing scaling and root planing. 

Antibiotic microspheres 

Particles containing minocycline for slow 

Enzyme suppressant 

Low dosage doxycycline to restrain the 
immune response and limit enzymatic 
breakdown of tissues. 

Oral antibiotics 

For short-term treatment of acute local 

infection. 


involves medication to reduce risk of infection. Table 9.1 illustrates medications 
placed in the pockets following scaling and root planing to control bacteria and 
reduce pocket size. 4 

For severe cases of PD, surgical procedures may be required, including 
deeper cleaning or bone repair. If inflammation and pockets persist following 
sufficient root planing, the periodontist may decide to perform flap surgery, 
where the gums are retracted to remove tartar below the gum line. In order to 
reduce bacterial affinity, the teeth are afterwards cleaned and smoothed with fill¬ 
ings. The gums are then sutured closely against the teeth. 

Long-term accumulation of tartar can lead to degradation of the alveolus, 
which can lead to permanent tooth loss. In the event of bone loss, a periodontist 
may perform surgical procedures to help regenerate bone. Regeneration of peri¬ 
odontal tissue requires coordinated restoration of new alveolar bone, the perio¬ 
dontal ligament and the dental cementum bonding the two tissues. Regeneration 
of bone for advanced cases of PD include the following surgical treatments: 5,6 

1. guided tissue regeneration 

2. bioactive molecules 

3. bone graft materials. 

In guided tissue regeneration, a membrane is inserted between the gingivae 
and the bone. The mesh is often made of either biocompatible polytetraflouroethylene 
(PTFE) or bioresorbable materials such as poly lactic acid (PLA), PLA with poly gly¬ 
colic acid (PGA) and bovine collagen membranes to reduce second surgeries. The 
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inserted mesh creates a space that inhibits gum tissue migration into the region where 
bone is desired to grow, allowing repopulation of progenitor cells for bone and peri¬ 
odontal ligament tissue growth. The primary functions of wound stability and space 
maintenance vary with surgical technique, however. Consequently, the membranes 
used in guided tissue regeneration often yield inconsistent and poor mechanical per¬ 
formance between patients. 5 

Bioactive molecules are growth factors that have been used to genetically 
induce bone regeneration, e.g. bone morphogenic proteins. Such molecules have 
been used in conjunction with a supporting allograft to improve overall regenera¬ 
tion. See a review by Hughes et al. on several bioactive molecules used in PD 
treatment to coat materials for induction of new bone formation. 5 

Bone grafts offer an opportunity to repair bony defects by bioresorbable 
materials that are osteoconductive or osteostimulatve. Osteoconductive grafts 
bond to bone and facilitate growth along the bone-implant interface. 
Osteostimulative grafts induce new bone formation by recruiting undifferentiated 
mesenchymal cells that differentiate into osteoblasts. Autogenous bone extracted 
from the local oral site or the iliac crest can serve as an adequate osteostimulative 
graft, but such autografts are not widely used due to complications arising from 
second site morbidity and pain. An alternative is a xenograft of freeze-dried 
bovine tissue, which is osteoconductive. Unfortunately, xenografts can pose 
potential risks of prion exposure, disease transmission or immunorejection. 
Synthetic alternatives (allografts) include polymers for hard tissue replacement 
and a range of resorbable bioactive glasses and glass-ceramics. The particulate 
form of 45S5 Bioglass® offers regenerative options for osseous treatment of PD 
without the biological complications associated with implanting auto- and xeno¬ 
grafts. See Chapter 10 for a discussion of the relative merits and limitations of 
various types of bone grafting materials. 


9.5. TISSUE REGENERATION OF BONE DAMAGED 
BY PERIODONTAL DISEASE 

In situ tissue regeneration involves the use of biomaterials in the form of pow¬ 
ders, solutions or doped microparticles to stimulate local tissue repair. 5,6 Bioactive 
materials release chemicals in the form of ionic dissolution products at controlled 
rates by diffusion or network breakdown that activate the cells in contact with the 
stimuli. 7-9 The cells produce additional growth factors, such as vascular endothelial 
growth factor (VEGF), that in turn stimulate multiple generations of growing cells to 
self-assemble into the vascularized tissues in situ along the biochemical 
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and biomechanical gradients that are present. Chapter 4 discusses the biological 
mechanisms of bone regeneration and the role of osteogenic stimuli released from 
bioactive glasses. A normal 3D architecture of regenerated bone is created by the 
osteoblasts when the cells are exposed to a release of critical concentrations of the 
soluble ionic constituents of the bioactive glass. Approximately 17-20 ppm of soluble 
Si and 88-100 ppm of soluble Ca ions are required. The ions are provided by con¬ 
trolled dissolution of a bioactive glass substrate. Thus, the role of the bioactive glass 
is primarily to release the critical concentrations of biologically-active ions at the rate 
needed for cell differentiation and growth under genetic control (see Chapter 4). 7-9 


9.6. THIRD-GENERATION CLINICAL PRODUCTS 

While the second generation Bioglass® materials performed well in replac¬ 
ing diseased or missing hard tissue, such as use in maintenance of the alveolar 
ridge for edentulous patients discussed in Chapter 8, the discovery that 45S5 
Bioglass® could positively affect osteoblasts by stimulating them to produce more 
bone tissue earlier than other synthetic biomaterials has led to much broader clini¬ 
cal applications, 7-10 especially in the prevention of the loss of teeth from perio¬ 
dontal disease. To take advantage of the property of osteostimulation, and the 
need to regenerate diseased or missing tissues in a range of sizes of bone defects, 
the development of third-generation Bioglass® products focused on using parti¬ 
cles rather than monolithic shapes. The first 45S5 Bioglass® particulate material 
cleared for sale in the U.S. was PerioGlas®, which was cleared via the 510(k) 
process in December, 1993. In 1995, PerioGlas® obtained a CE mark and market¬ 
ing of the product began in Europe. The initial indication for the product was to 
restore bone loss resulting from PD in infra-bony defects. In 1996, additional 
indications for use were cleared by FDA, including use in tooth extraction sites 
and for alveolar ridge augmentation. 

The first paper to describe potential use of 45S5 Bioglass® particulate in 
repair of periodontal defects was published in 1987 by Dr. June Wilson and 
Professor Sam Low, Department of Periodontology, and colleagues at the 
University of Florida. 8 Detailed studies of the monkey model followed in 1992 
and 1994. 910 Schepers et al. reported similar findings in a different animal 
model. 11 Other related studies are in included in the reference list. 12 ' 13 

Over a 20-year clinical history, PerioGlas® has demonstrated excellent clinical 
results with virtually no adverse reactions to the product. Numerous clinical studies 
have demonstrated the efficacy of the synthetic graft in multiple uses. Table 9.2 sum¬ 
marizes selected clinical studies of PD treatment using bioactive glasses over the last 
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Table 9.2. Studies of 45S5 Bioglass® (PerioGlas®) in the Treatment of PD. 


Author 

Year 


Yukna, R. 

2001 

PerioGlas® treatment of mandibular class II furcations compared 
similarly with the gold standard ePTFE barrier treatment among 
27 patients. Applying PerioGlas® was found to offer a more 
simple surgical technique. 26 

Mengel, R. 

2003 

A 12-month clinical study indicates improvements of clinical 
parameters using bioactive glass and bioabsorbable membranes. 
This study suggests the efficacy of bioactive glass with other 
regenerative treatments for 12 patients with aggressive PD. 27 

Sculean, A. 

2005 

A one-year study indicates reduction in PD using combinations of 
bioactive glass with enamel matrix protein derivative (EMD). 

No statistical improvement was observed compared to using 
EMD alone. 28 

Mengel, R. 

2006 

A five-year study of radiological evidence in 16 patients indicates 
significantly high reduction of aggressive PD using bioactive 
glass graft to fill intrabony defects. 29 

Gatti, A. 

2006 

Three cases of dental defect treatment using PerioGlas® indicate 
successful healing and loading after two years. 30 

AboElsaad, N. 2009 

A study of combined soft-laser irradiation and PerioGlas® 
implantation in 20 patients showed accelerated defect-filling 
over bioactive glass alone after three months; no difference was 
discernible after six months. 31 

Leknes, K. 

2009 

A 12-month clinical study showed significant clinical attachment 
levels using bioactive glass filler material compared to enamel 
matrix derivative for 13 patients with proximal intrabony 
periodontal defects. 32 

Felipe, M. 

2009 

Six dogs with intrabony periodontal defects were treated with small 
(300-355 pm) and large (90-710 pm) bioactive glass particles. Tests 
with smaller particles for this application confirmed evidence from 
similar studies showing faster resorption and bone substitution. 33 

Mistry, S. 

2011 

A 12-month assessment of endosseous dental implants for 

31 patients indicated bioactive glass-coated titanium implants 
had comparable osteointegration and performance to common 
HA-coated implants. 34 

Subbiah, R. 

2011 

A three, six and nine month evaluation for eight patients treated 
with PerioGlas® suggested improved bone-fill over flap 
debridement technique alone. 35 

Sohrabi, K. 

2011 

A literature review compares several controlled clinical studies and 
confirm that bioactive glass treatment yields significant 
improvement of key clinical parameters. 36 
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decade, comparing parameters of measured pocket/probing depth, clinical tooth 
attachment levels and radiographic evaluation. 1,1-36 To date, PerioGlas® is sold in over 
35 countries, and the manufacturer estimates that the product has been used in several 
million surgeries (data on file at NovaBone Corporation, Alachua, FL). 

Other dental and maxillofacial applications include pulp capping, 37,38 sinus 
obliteration 39,40 and repair of orbital floor fracture. 41,42 


9.7. CONCLUSION 

In summary, teeth consist of several tissue structures, all of which can be 
affected by PD. In severe cases, surgical repair of osseous defects is required. 
Techniques for osseous repair include guided tissue regeneration, bioactive mol¬ 
ecules and resorbable bioactive materials such as commercially available 
PerioGlas®. The osteostimulative properties of PerioGlas® have aided in the repair 
of PD for millions of patients. 
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Chapter 10 

CLINICAL APPLICATIONS 
OF BIOACTIVE GLASSES: 
MAXILLOFACIAL REPAIR 

Ian Thompson 


10.1. INTRODUCTION 

This chapter summarizes use of bioactive glasses that are being clinically 
applied in the reconstruction and regeneration of bone following maxillofacial 
surgery. 


10.2. CLINICAL REQUIREMENTS 

The first decision a surgeon must make when determining a treatment plan 
for a patient requiring a bone graft is to select the source of the graft material. 
Options are: 


• Autogenous: 

• Allogenic: 

• Xenogenic: 

• Alloplastic: 


use of bone from the patient’s own skeleton 
use of bone donated from a human source 
use of bone obtained from another species 
use of a synthetic graft material 


(autograft) 
(allograft) 
(xenograft) 
(synthetic graft) 


10.3. AUTOGRAFTS 

Autogenous bone, used as an autograft, is regarded as the gold standard 
due to its characteristic of being both osteoconductive (provides a surface along 
which bone cells migrate) and osteoinductive (stimulates undifferentiated stem 
cells to change their phenotype to that of bone cells). In other word, they can 
regenerate bone naturally. However, autografts have two drawbacks: donor site 
morbidity and unpredictable rates of resorption due to biomechanical factors. 
In order to overcome donor site problems many surgeons have used allogenic 
bone from bone banks, with potential concerns of immunorejection and disease 
transmission. 
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10.4. ALLOGENIC BONE GRAFTS 

The work by Urist et al. led to a clinically safe allogenic bone for bone 
banks. 1 The resultant material was called antigen-extracted autodigested allo¬ 
genic bone, or so called AAA bone. This system allows the bone to be antigen 
low whilst maintaining high levels of morphogenetic proteins. 1 Recent papers 
suggest that AAA bone has variable osteoinductive characteristics and often may 
only exhibit osteoconductive properties. The reduction of osteoinduction is due to 
the sterilization process that removes or denatures the bone morphogenetic pro¬ 
teins. 2,3 The AAA bone process is also described as demineralized freeze-dried 
bone (DFDB). The use of xenografts as DFDB materials has led to a commercial 
xenogenic product formed from a bovine source, Bio-Oss®. Both allogenic and 
xenogenic bone are commercially available but are expensive, have minimal 
osteoinductive properties and both are generally regarded as osteoconductors. 2-5 
They are used sparingly in our surgeries due to the possible infection risk by the 
transfer of latent virus or prion particles, e.g. HIV or CJD. The relative merits of 
different graft materials and their variability of performance in graft sites are 
discussed in a recent work by the author. 6 


10.5. LIMITATIONS OF AUTOGENEOUS BONE GRAFTS 

Although autografts are the ideal source of bone for surgical repair there 
are many donor site problems, including: blood loss; potential for infection; pain 
at the site of the donor graft for extensive period of time; loss of mobility, as 
muscles are removed from the donor site, particularly with iliac crest sites; nerve 
damage, particularly with mandibular and iliac crest donor sites; and damage due 
to pneumothorax, specifically with ribs as donor sites. 


10.6. SOURCE OF AUTOGENEOUS BONE FOR GRAFTING 

The options for source of autograft material from a patient and other 
surgical factors include: 

• Sites to harvest the new bone are typically the iliac crest (anterior or poste¬ 
rior), ribs, calvarium, mandible (chin or ramus) 

• Cancellous or cortical bone 

• Membranous or endochondral bone (embryonic origin) e.g. hip and rib are 
endochondral, the mandible and calvarium are membranous bone 

• Fixation method (screw or suture, metal or polymer). 
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The donor site is usually the iliac crest of the pelvis. Another implant 
(usually synthetic) is needed to fill the space and recovery time can be lengthy 
and painful. Rapid resorption of the transplanted bone can occur because its 
structure is that of pelvic bone, not that of the defect site, and therefore osteo¬ 
clasts may resorb it. Each of the above grafting alternatives has positive and 
negative effects on healing rates and ultimate clinical outcome of the bone 
graft. Despite the above concerns, autografts are regarded as the better option 
for bone grafts when compared with the various xenografts and allografts 
cited above. All autograft procedures require a donor site to harvest the bone 
graft, which results in pain and discomfort for the patient, an increased risk 
of infection, a second surgical team and increased costs associated with all 
aspects of the operation. Thus, any bone grafting procedure has room for 
improvement, with much recent effort being given to alloplastic, synthetic 
materials. 


10.7. NEED AND CRITERIA FOR ALLOPLASTIC 
BONE GRAFTS 

The need for alternatives to autogeneous bone in grafting large defects 
has led to development of alloplastic, man-made, synthetic graft materials, as 
reviewed by Thompson. 6 Alloplastic materials are designed to provide a base for 
new bone to grow on, providing a rapid return of function. The goal is to inhibit 
fibrous (scar) tissue growing into a site where bone formation is desirable, e.g. at 
the proposed implant site. 

These studies have led to a set of design criteria for alloplastic bone 
grafting materials, listed in Table 10.1. 

Synthetic hydroxyapatite (Ca 10 (PO 4 ) 6 OH 2 ) particles and blocks have been 
routinely used as alveolar ridge augmentation materials (see Chapters 17-19). 
They are popular because HA has a similar composition to the apatite in bone and 
is osteoconductive. However, there have been a number of problems with syn¬ 
thetic HA grafts: particle misplacement, postoperative particle migration into 
undesirable areas, implant flattening and excessive postoperative ridge width. 7-9 
A further clinical problem noted has been nerve dysaesthesia, a change in the 
ability of the nerve to conduct the impulse, which may result in a “pins and nee¬ 
dles” sensation or numbness. The dysaesthesia has been attributed to particles 
moving into the mental foramen and pressurizing the nerve. 10 In an attempt to 
stop particle migration, a number of binding agents have been used in conjunction 
with the alloplastic materials: plaster of Paris, collagen, and fibrin. Another 
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Table 10.1. Set of Design Criteria for Alloplastic Bone 
Grafting Materials. 

An alloplastic bone graft material should: 

• Provide an osteoconductive surface. 

• Be entirely resorbable within 6-12 months. 

• Be dimensionally stable in a bony defect. 

• Be dimensionally stable while it is resorbing. 

• Be compatible (as should its resorption products) 

with the host tissues. 

• Stimulate formation of new bone with an architecture 

equivalent to the bone being replaced. 

The following features are also required of alloplas¬ 
tic bone graft material: 

• Ease of application. 

• Able to be sterilized. 

• Possible use as a carrier system for an osteoinductive 

medium. 

There are a number of alloplastic materials clini¬ 
cally used in maxillofacial reconstructions: 

• Dense HA, porous HA, in particles 

or solid blocks. 

• Bioactive glass. 

• Collagen meshes. 

• Resorbable polymers. 


experimental approach has been to use degradable tubes filled with particulate 
HA. The results in 12 patients show that the tubes become “clinically solid” 
within 8-16 weeks. 11 It is stated that “the ridges are desirable for denture con¬ 
struction. Although the augmentation becomes clinically solid, it is doubtful if the 
HA is interdispersed with actual bone.” 12 

Due to these variable results, the decision in our clinic at Guy’s Hospital 
was made to not use HA-based materials for maxillofacial reconstruction in the 
clinical trials summarized below. The material chosen for the clinical trials was 
bioactive glass because this bioactive material meets all of the design criteria 
listed in Table 10.1. 
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10.8. APPLICATIONS OF BIOACTIVE ALLOPLASTIC 
(SYNTHETIC) POWDERS 

A range of bioactive glass powders have been used in clinical practice for 
over 20 years with good clinical success (see Chapters 6-12). The “grandfather” 
bioactive glass is the original 45S5 (46.1 mol% Si0 2 , 24.4 mol% Na 2 0, 
26.9 mol% CaO, and 2.6 mol% P 2 O s ) composition, marketed as PerioGlas® and 
NovaBone® by NovaBone Corp. (Alachua, FL, Table 10.2). 

The change in chemical composition of the alloplastic material gives rise 
to differing rates of osteostimulation and mechanical properties, typically the 
higher the silica content the slower the dissolution of the glass structure once 
implanted into the body, and the resultant lower level of bioactivity and oste¬ 
ostimulation. The most bioactive composition, 45S5 Bioglass®, releases a critical 
concentration of ionic dissolution products as it resorbs. The biologically-active 
soluble silica and calcia ions result in up-regulation of seven families of genes in 
osteoprogenitor cells and gives rise to rapid bone regeneration. 13 

The sites for application of particulate bioactive glass are numerous, from 
simply filling extracted tooth sockets, thereby alleviating alveolar ridge resorb- 
tion (Chapter 8), to use in the reconstruction of complex orthopedic fractures and 
spinal fusion (Chapters 11, 12). 14 However, the particulate systems lack dimen¬ 
sional stability when applied as a large volume of powder when first placed into 
the surgical site. Therefore, the powders are typically used in intra bony cavities, 
as the “containing” walls of the cavity reduce migration of the glass particles 
around the local surgical site due to blood flow and patient locomotion. Histology 
has shown the glass particles form a biological bond to collagen fibers within 
24 hours (Chapters 3, 4, 6, 9). After this initial interaction of glass surface and 
collagen fibers the particulate material becomes very stable; there is no evidence 
of migration of glass particles after formation of the initial biological bond. 


Table 10.2. 45S5 Bioglass® Properties Compared with Human Bone. 14 ' 15 


Material 

Density 

(g/cm 3 ) 

Hardness 

(Vickers, 

HV) 

Bending 

Strength 

(MPa) 

Fracture 
Toughness 
(K lc )(MPa m 1 ' 2 ) 

Young’s 

Modulus 

(GPa) 

Cortical Bone 

1.6-2.1 

- 

50-150* 

2-12 

7-30 

Cancellous Bone 

1.0 

- 

10-20 

0.1 

0.05-0.5 

Bioglass® (45S5) 

2.6572 

458 ± 9.4 

42 (Tensile) 

0.6 

35 


*strength depends upon direction and rate of loading and source of bone. 
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A number of composite and paste systems have been developed to 
minimize the movement of the glass particles within the surgical site. 15 The above 
applications have been approved by governmental regulatory bodies, based upon 
a comprehensive series of in vitro and in vivo tests. An important in vivo test is 
the Oonishi model. 1617 This test is relatively inexpensive and can be used to quan¬ 
tify comparison of rates of osteoregeneration of differing materials. This model 
was used by the author to quantify bone growth response to several alloplastic 
materials systems. 16-18 Positive results from these in vivo studies provided basis 
for ethical committee approval to conduct the clinical trials described herein. 

10.9. THE OONISHI MODEL (A critical size defect in the rabbit 
femoral condyle) 

Holes 6 mm in diameter are drilled bilaterally in the femoral condyles of 
mature rabbits. Immediately afterward, granules of the alloplastic material to be 
tested are placed in sufficient amounts to fill the holes in the femoral condyles. 
Five femoral condyles are used for each time period. For a detailed investigation 
nine time periods are studied, 2, 3, and 5 days and 1, 2,3, 6, 12, and 24 weeks. 
A less costly preliminary comparison of materials can be done by reducing time 
periods to 1,2, 3, and 6 weeks. Most key differences between materials show 
within 1-6 weeks. Following euthanasia, non-decalcified specimens of the 
femoral condyles are observed by light microscopy and backscattered scanning 
electron microscopic (SEM) imaging. Rates of bone in-growth from the periph¬ 
ery of the defect to the interior are measured quantitatively using image process¬ 
ing. Details are given in the pioneering references where the Oonishi Model is 
used to compare various bioactive materials. 1617 These studies show that an 
extensive network of bone bridges form rapidly between bioactive glass 
particles. The architecture of bone that results is equivalent to that of normal 
trabecular bone present in the femoral condyles. 17 The mechanical properties of 
the regenerated bone are also equivalent, as shown by Wheeler et al. using the 
Oonishi Model. 19 

10.10. CLINICAL CASES 

10.10.1. Bioactive Glass Alloplastic Bone Grafts 
for Maxillofacial Reconstruction 

One of the more common applications of bioactive glass is the filling of 
cystic cavities in mandibles. Cystic cavities as large as 15 cm 3 are frequently 
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Figure 10.1. Postoperative X-ray, cystic activity has deformed the mandible. 


filled with bone chips harvested from the iliac crest plus some additional bone 
graft substitute material such as 45S5 Bioglass® bioactive glass. The surgical 
steps used to fill a cystic cavity are described in Thompson. 6 

The immediate postoperative X-ray shows how the cyst has deformed 
the macroscopic shape of the mandible (Fig. 10.1). After six months of healing 
the mandible has regained its natural anatomic shape and begun to regenerate the 
internal trabecular structure (Fig. 10.2). 

Clinical comparisons of bioactive glass with or without autogenous bone 
in similar cases to that described above has shown that there is no reduction in 
healing time when only the alloplastic material is used. Thus, grafting clinical 
sites with only bioactive glass particles does not require additional autogenous 
bone to heal a bony defect. This is an important finding, since it eliminates 
problems of second site morbidity, cost, time, and pain. The positive findings of 
successful use of bioactive glass particulate alone in a graft site indicates that if 
there is a sufficient supply of blood then there will be a cascade of healing induc¬ 
tive factors such as TGF-(3 delivered to the site, 13 thereby eliminating the need 
for bone morphogenetic proteins and other inductive factors being released 
from an autogenous bone graft. These clinical conclusions are consistent with 
the in vitro findings of gene up-regulation of osteoprogenitor cells induced by 
bioactive glasses (Chapter 4) and the angiogenic potential of bioactive glasses 
(Chapter 5). 
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Figure 10.2. Six months post operative X-ray, remodeling of mandible. 


10.11. CLINICAL APPLICATIONS 

10.11.1. Monolithic Bioactive Glass Implants Combined 
with Bioactive Alloplastic Powders 

Bulk pieces of bioactive glass have been clinically successful when used 
as middle ear prosthesis, where they were used to replace the small bones 
(ossicles) in the middle ear to restore hearing (Chapter 7), dental ridge mainte¬ 
nance implants (Chapter 8) and in non-load bearing facial skeletal reconstruction 
(Chapter 6). 

Clinicians have generally moved away from using bulk bioactive glass 
implants due to the difficulty in altering the shape of the implant to fit the patient 
during surgery. Recently, the work of the author at Guy’s Hospital London has 
shown that prefabrication of bulk bioactive glass implants using computer 
tomography (CT) scans to create accurate molds has led to a good clinical out¬ 
come and makes the implants much easier for surgeons to implant without modi¬ 
fication of the device. The CT scans of the patient provide 3D images of the 
defect site. The images can be used as data input into computer aided design 
(CAD) files that can be used to machine-custom molds for the casting of the 
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Bioglass®. The dimensional accuracy leads to improved contact between the 
implant and host tissue, resulting in more rapid site stability post surgery. There 
is also less surgical trauma to the patient when the implant is custom made to fit 
the surgical site. 


10.11.2. Case History 

The following describes a patient who suffered an orbital floor trauma 
due to a road traffic accident. The resulting hypoglobus left the patient with 
blurred vision, which will increase to permanent blindness if not relieved. 
Initial attempts to use an autogeneous bone graft from the iliac crest failed as 
the material resorbed away after six months. Porous polyethylene was consid¬ 
ered to be an infection risk, due to the clinician’s previous experiences. Local 
ethical permission was granted to cast a bioactive glass implant from rapid 
prototyped molds. Figure 10.3 shows the CT data of the affected site and the 
unaffected site, note the change in orbital floor height and contour. Using CT 
data a dimensionally-accurate mold was created, which allowed the implant 



Figure 10.3. Top: collapsed orbital floor, globe has fallen back into skull so kinking 
optic nerve. Bottom: normal orbital floor. 
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Figure 10.4. Placement of bioactive glass monolith in surgical site. 


to be cast with sufficient contour to mimic the correct orbital floor anatomy. 
The molten 45S5 glass implant was cast and subsequently annealed to remove 
any thermal stresses. Samples were taken for mechanical and bioactivity 
testing. 

The surgical site was opened and the implant positioned on top of the 
collapsed orbital floor (Fig. 10.4). Powdered bioactive glass was used to pack 
around the implant to improve the contact between the collapsed bony orbital 
floor and the implant’s lower surface. The implant was secured into the site 
with degradable sutures. A postoperative X-ray shows the location of the glass 
implant and the regained symmetry between the left and right orbital floor 
positions (Fig. 10.5). A five-year follow up showed the patient regained full 
movement of the eye and lost all complications from blurred vision. The 
patient is happy with the aesthetic look of his face due to correction of the 
hypoglobus. 

This case is part of a 30-patient trial at Kings College/Guy’s Hospital. 
The trial’s findings show zero postoperative infection and zero loss of implants 
from migration or any other factors. The patients are happy with the regained 
function of their damaged orbital floors, and with correction of their facial 
symmetries. 
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Figure 10.5. Postoperative X-ray, showing bioactive glass implant. Note the new orbital 
floor height is symmetrical to unaffected side. 


10.12. CONCLUSION 

Bioactive glass is an effective bone graft substitute material when used as 
a particulate. Published clinical data and success of our cases reinforce evidence 
that bioactive glass is more than just an osteoconductive material. Its use in a 
range of clinical applications has only been compromised when the glass is over¬ 
packed into a site, making it difficult for in-growing bone to colonize the mass of 
glass particulate. The glass has a number of applications when cast as a block or 
monolithic shape and is particularly effective when used in combination with 
particulate grafts. Use of CT scans to create highly dimensionally accurate molds 
for casting bulk bioactive glass implants make it possible to achieve rapid surgical 
reconstruction of large-scale defects. Particulate bioactive glass particles used in 
conjunction with accurate castings are especially effective clinically; they lower 
costs and time in surgery, minimize pain and trauma to the patient, and ensure 
long-term stability of the repaired surgical site. 
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Chapter 11 

CLINICAL APPLICATIONS OF BIOACTIVE 
GLASS: ORTHOPAEDICS 

David M. Gaisser and Larry L. Hench 

11.1. INTRODUCTION 

Numerous animal studies at the University of Florida during 1969-1982 
established the scientific basis for use of 45S5 Bioglass® in repair of orthopaedic 
defects. A key review article that summarizes the answers to questions regarding 
the strength and stability of the bone and time to develop a bone-Bioglass® 
implant bond was published in 1982 by Hench and Clark. 1 In Part A, the paper 
documents the time sequence of bonding of Bioglass® in rat femur and tibia, 
based upon ten references. 1,2 In Part B, bonding of Bioglass® implants to the 
femur in canine and monkey bones is summarized in five citations. 1,2 Part C 
reviews the data of bonding of mandibular and maxillary bone of primates and 
swine to Bioglass® implants with five citations. 1,2 These publications established 
that bone-Bioglass® bonds occurred in all the animal species tested. The rate of 
bond formation was slightly longer in larger species. A stable bone-bonded 
implant in the anterior region of the mandible of a baboon after four years of 
functional use is presented in this paper, one of the longest in vivo primate studies 
published. All of these early animal studies used bulk implants. 

The discovery of osteoproduction (now termed osteostimulation) by 
Wilson and Low in the Patus monkey model of periodontal disease revolutionized 
the approach to bone repair with Bioglass®. 3 The emphasis shifted from use of 
bulk implants to replace bone to the use of Bioglass® particulate to stimulate 
regeneration of bone. The process of osteostimulation is under genetic control, as 
reviewed in Chapter 4. Building on the clinical success of PerioGlas®, the 45S5 
Bioglass® particulate used in oral and maxillofacial indications (Chapter 9), a 
Bioglass® particulate for orthopaedic bone grafting was introduced into the 
European market in 1999, initially under the trade name OsteoGlas® and subse¬ 
quently as NovaBone®. Studies by June Wilson et al. in a canine model showed 
effective bone regeneration with uses of 45S5 Bioglass® particulate. 4 Other 
animal models followed in various laboratories worldwide, as reviewed by Hench 
with 15 citations. 2 The NovaBone® product was cleared by the FDA for general 
orthopaedic bone grafting in non load-bearing sites in July, 2002. 
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Table 11.1. Orthopaedic Products, Based Upon 45S5 Bioglass® 

Trauma 

Long bone fracture (acute and/or comminuted); alone and with internal 
fixation 

Femoral nonunion repair 
Tibial plateau fracture 
Arthroplasty 

Filler around implants (acetabular reconstruction) 

Impaction grafting 
Spine Fusion 

Interbody fusion (cervical, thoracolumbar, lumbar) 

Posterolateral fusion 
Adolescent idiopathic scoliosis 

General 

Filling of bone after cyst or tumour removal 


11.2. RANGE OF CLINICAL APPLICATIONS 

An increasing range of orthopaedic applications for NovaBone® synthetic 
bone graft have been reported during the last decade. Table 11.1 lists many of 
them. This chapter reviews some case histories and a clinical trial that compares 
45S5 Bioglass® synthetic graft with autogeneous bone grafts. 


11.3. COMPARATIVE STUDIES OF REGENERATIVE 
BIOACTIVE GLASS 

The osteoblast lineage cell culture results reviewed in Chapter 4 showed 
that osteogenesis was enhanced when the progenitor cells were exposed to either 
Bioglass® ionic dissolution products or Bioglass® particulate. These findings cor¬ 
related with the quantitative studies of Bioglass® particulate compared with cal¬ 
cium-phosphate synthetic bone grafts in the Oonishi femoral condyle critical-sized 
defect model. 5 Both cell culture and animal studies correlate with favourable 
clinical results using the same bioactive material, 45S5 Bioglass®. 6-12 

Clinical studies that compare the success of autogeneous bone grafts ver¬ 
sus grafts of the gene-activating glasses show equivalent rates of bone regenera¬ 
tion and fewer side effects with the bioactive glasses. 12 Iliac crest autograft is 
currently the gold standard for spinal fusion. However, there are disadvantages of 
an autogeneous graft, including increased blood loss, increased operative time, 
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Table 11.2. Conclusions from 45S5 Bioglass® Spinal Fusion Clinical Study. 12 

[1] Bioglass is as effective as iliac crest graft to achieve fusion and maintain correction 

in AIS. 

[2] Fewer complications were seen in the bioactive glass group of patients. 

[3] The morbidity of iliac crest harvesting can be avoided by use of bioactive glass in 

spinal fusion. 


second site morbidity, and pain, as reviewed in Chapter 10. A comparative study 
of bioactive glass (45S5 Bioglass®) versus iliac crest autograft for spinal fusion 
in adolescent idiopathic scoliosis (AIS) has been reported for a group of 88 con¬ 
secutive patients. 12 Forty patients received iliac crest autograft and 48 received 
Bioglass® with a minimum of two-year follow-up. The results showed fewer 
infections (2% vs 5%) and fewer mechanical failures (2% vs 7.5%) in the 
Bioglass® group. Loss of correction of the main thoracic curve was also less for 
the Bioglass® group (11% vs 15.5%). The conclusions of this retrospective clini¬ 
cal study are summarized in Table 11.2. 12 

These are important conclusions for the 21st-century challenge of achiev¬ 
ing affordable healthcare for the aged. Elimination of the need for second site 
(iliac crest) surgery in elderly patients that require spinal fusion means less expo¬ 
sure to anaesthesia and potential for infection. It also avoids pain and healing of 
the second site. Similar clinical findings have shown that rapid bone regeneration 
occurs when 45S5 Bioglass® is used as a synthetic bone graft in revision surgery 
for failed total hip prostheses, as described below. 


11.4. CASE HISTORIES 

Early orthopaedic studies evaluated the use of bioactive glass as an auto¬ 
graft extender for lumbar spine fusion. Since then, the material has been used 
either alone or as a graft extender in a variety of indications, including lumbar 
fusion, cervical spine fusion, acute long bone fractures and the treatment of non¬ 
unions, as well as for use in revision surgery. 

11.4.1. Autograft Extender in Posterior Lumbar Fusion 

Figure 11.1 demonstrates the use of a 45S5 bioactive glass particulate 
(NovaBone®) as an autograft extender in posterior lumbar fusion following diag¬ 
nosis of degenerative spondylolisthesis and stenosis. Following bilateral hemi¬ 
laminectomy and foraminotomy at L4—L5, the local transverse processes and 
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(a) (b) 


Figure 11.1. Use of a bioactive glass particulate as an autograft extender in posterior 
lumbar fusion. The left side was grafted with a 50/50 mixture of NovaBone® with autoge- 
neous bone and the right side with 100% autogeneous bone, (a) Two months; (b) six 
months. 


facet joints were decorticated, followed by grafting with a 50:50 mixture of bio¬ 
active glass and autogenous iliac crest bone on the left and autograft alone on the 
right. At two months, both left and right fusion masses can be seen. At six 
months, solid fusion is observed, with no differences between the graft types. 
Thus, the results are equivalent to the conclusions of the comparative clinical 
study reviewed above. 12 

11.4.2. Treatment of a Femoral Nonunion 

In Fig. 11.2, bioactive glass particulate (NovaBone®) was used in the treat¬ 
ment of a femoral nonunion of 14 months duration. After several attempts at 
treatment, a femoral nail was placed in an effort to stabilize the fracture. However, 
the patient subsequently fell and the nail was forced proximally and bent at the 
nonunion site. The nail was removed and replaced with an intramedullary rod. 
The nonunion was debrided and grafted with bioactive glass particulate mixed 
with autogenous bone. Postoperatively, the new rod is seen in place and the graft 
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(a) (b) 


Figure 11.2. Use of bioactive glass particulate (NovaBone®) in treatment of a femoral 
nonunion, (a) Patient shows intramedullary rod and graft in site of nonunion, (b) At six 
months, the fracture line has disappeared and the nonunion has healed. 

mass observed. At six months, the fracture line has disappeared and the former 
nonunion has healed. 

11.4.3. Revision Arthroplasty 

Figure 11.3 shows the use of bioactive glass particulate in revision arthro¬ 
plasty. Following aseptic loosening, a hip implant of 15 years duration was 
removed and replaced. The all-polyethylene acetabular component was removed 
and the site prepared for grafting. The acetabular graft area is visible on the post¬ 
operative radiograph as an area of increased radio-opacity behind the non- 
cemented cup, associated with a visible up-fracture of the medial acetabular wall. 
By six months, the graft area has remodelled to an appearance more similar to 
that of the surrounding bone. 

11.4.4. Treatment of an Acute Spiral Fracture 

Figure 11.4 demonstrates graft material use in the treatment of an acute 
spiral fracture of the humerus following a motor vehicle accident. An open reduc¬ 
tion of the fracture was performed and the fracture site grafted with 10 cc of 
bioactive glass particulate (NovaBone®). An external fixator was placed to 
achieve mechanical stabilization. At six months, the fracture site had fully healed 
without complication and the fixator had been removed. 
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(a) (b) (c) 


Figure 11.3. Use of bioactive glass particulate in revision arthroplasty, (a) Preoperative 
radiograph of failed hip arthroplasty, (b) Immediate postoperative view, with visible graft 
area visible behind acetabular component, (c) At six months, bone remodelling behind 
acetabular component is observed. 



(a) (b) (c) 


Figure 11.4. NovaBone® graft material used to treat an acute spiral fracture of the 
humerus, (a) Preoperative, (b) Immediate postoperative, (c) Six months after grafting, the 
site has fused and the external fixator has been removed. 




Clinical Applications of Bioactive Glass: Orthopaedics 


157 



(a) (b) 

Figure 11.5. Bioactive glass grafting of a unicameral cyst in the ischium, (a) Preoperative 
radiograph. The arrows indicate the site of cyst, (b) Three years post-implantation and 
revision arthroplasty, site has healed with no cyst recurrence. 


11.4.5. Bone Graft Prior to Revision hip Arthroplasty 

Figure 11.5 shows a large unicameral cyst in the ischium of a patient prior 
to revision hip arthroplasty due to implant loosening. The existing hardware was 
removed and replaced, and the cyst was debrided. The residual cavity then was 
grafted with a 50:50 mixture of autogenous bone and bioactive glass (NovaBone®). 
Three years after implantation, the graft site is stable with no recurrence of the 
cyst, the site is being filled with dense bony tissue. 


11.5. CONCLUSION 

More than a decade of use of 45S5 Bioglass® (NovaBone®) synthetic graft 
material in a wide range of orthopaedic cases has demonstrated that rapid bone 
regeneration is achieved when the synthetic is used either as a graft extender with 
autogeneous bone or by itself. Use of the synthetic graft can minimize the need 
for second site surgery to obtain autogeneous bone in elderly patients or in cases 
where the quality of bone has been compromised by various factors, such as 
osteoporosis. 
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Chapter 12 

BIOACTIVE GLASS IN SPINAL REPAIR 

Janek Frantzen 


12.1. INTRODUCTION 

Spine surgery is one of the fastest growing areas in the field of surgery. An 
annual growth is estimated to be 6%, reaching US $2.3 billion in revenues for 
biologies used in spine surgery by the year 2015. 1 The trend in modern spine 
surgery evolves towards minimally-invasive procedures that result in faster recov¬ 
ery for the patient and less injury to surrounding tissues. Common for most spinal 
fusion procedures is the need to build bone in an extraosseal environment. The 
gold standard has been the patient’s own bone (autograft), harvested from the 
iliac crest, providing a scaffold and osteogenic factors that are needed for fusion 
of the vertebra. This additional procedure is associated with a prolonged opera¬ 
tion time, increased blood loss and causes additional postoperative pain beyond 
the time that the spine heals. 23 See Chapter 10 for a discussion of the pros and 
cons of autografts versus synthetic bone grafts. 

Many spine procedures use hardware such as titanium, polyether-ether- 
ketone (PEEK) or composite implants. 43,6 In addition to mal-unions, one of the 
main concerns for spine surgeons is to avoid postoperative infection. All infec¬ 
tions require long antibiotic treatment and deep infections need reoperations for 
debridement and, in a majority of cases, the removal of the implanted hardware, 
causing a high incidence of long-term morbidity to the patient. 7,8 

An optimal bone graft substitute would address all these concerns by 
having osteoconductive, ostostimulative and bioactive hone bonding properties. 
A bone graft substitute that supports angiogenesis, possesses antibacterial proper¬ 
ties that protect implants used in surgery and also enhances wound healing and 
bone regeneration would have a great impact on the clinical result. 


12.2. SPINAL FUSION 

The degeneration of the spine is a multifactorial process. Degenerative 
spondylolisthesis is a common cause of lower back pain and radiculopathy in 
adults older than 40 years. 9 Secondary changes such as facet hypertrophy and 
thickening of the ligamentum flavum lead to spinal stenosis and cause neurogenic 
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claudication. If conservative treatment fails, surgery with decompression, 
restoration of the intervertebral space and fusion is justified. Acquired diseases 
such as infection, tumors or scoliosis often require fusion of affected segments of 
the spine as part of the treatment. A majority of spine fractures can be treated 
conservatively with braces and physiotherapy. Unstable spine burst fractures with 
neurological deficits require prompt surgery in order to decompress the neural 
elements and realign the vertebra. 10 

Surgical fusion of the spine requires an instrumented spondylodesis with 
posterior transpedicular screw fixation, where the screws are interconnected to 
rods on each side of the spine. Additional stability can be achieved by combining 
intercorporal spacers, expandable corpectomy devices and various plating 
systems, depending on the pathology. Autogenous bone is harvested from the iliac 
crest or bone material from the decompressive procedure is used to fill spacers or 
posterolaterally at the fusion sites between the transverse processes. Meticulous 
preparation by decertification of the fusion site is imperative in order to achieve 
an extraosseal fusion, regardless of the type of bone graft material used. 

Potential options for bone graft substitutes are platelet gels, demineralized 
bone matrices, synthetic bone grafts and bone morphogenetic proteins. Recently, 
safety concerns have been raised in the use of bone morphogenetic proteins. 11 The 
options mentioned above have shown promising preclinical data but still lack 
sufficient clinical data demonstrating efficacy in lumbar fusion. 12 


12.3. BIOACTIVE GLASS IN SPINE SURGERY: 

BACKGROUND 

The unique bone bonding of bioactive glass is well-established. 1314 
Formation of a Si0 2 and calcium-phosphate-rich layer is the result of leaching of 
ions, dissolution and precipitation, described in Chapters 3 and 4. The antibacte¬ 
rial properties are attributed to an increased osmotic pressure caused by the ions 
leaching from the surface of the glass. The surface reaction leading to the produc¬ 
tion of sodium hydroxide leads to an increase in the pH, initially contributing to 
the antibacterial effect of hioactive glass. The early results showed bacteriostatic 
effects in experimental and clinical otorhinological use. 15 Furthermore, bioactive 
glass has been shown in vitro to have effective bacterial growth-inhibiting prop¬ 
erties toward 17 anaerobic bacteria, 16 and bactericidal effects on 29 clinically 
important aerobic bacteria. 17 In addition, preclinical studies have shown that the 
bioactive glass surface is not only conductive but also osteoproductive in promot¬ 
ing migration, replication and differentiation of osteogenic cells and their matrix 
production. 18 The cellular response in defects filled with bioactive glass granules 
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Figure 12.1. 75-year old female suffered from severe back pain. Spondylodiscitis was 
verified on MRI. She had received broad antibiotics for more than two years. Mycobacterium 
tuberculosis was identified by PCR from pus that was drained from the psoas abscesses 
during surgery. Antibiotic treatment was then directed towards this pathogen. 

A. Preoperative sagittal T2 weighted MRI showing spondylodiscitis at L3-L4 and an 
epidural abscess. 

B. Preoperative sagittal CT reconstruction shows the destruction of L3 and L4 verte¬ 
bral bodies. 

C-D. Postoperative AP and lateral X-ray after posterior decompression L2-L4, spondy¬ 
lodesis L2-L5, lumbotomy, canalisation of paravertebral abscess, resection of 
vertebraes L3 and L4 and anterior reconstruction using an expandable, vertebral 
body replacement device and 32 cc of S53P4 bioactive glass. 

E-H. Two-year postoperative CT and 3D MIP reconstructions showing solid fusion and 
that the patient had fully recovered. 


was characterized by continuous overexpression of type III collagen and 
osteogenic mesenchymal cells, prior to their differentiation to osteoblasts, organ¬ 
ized as a dense periosteum-like layer on the surface the bioactive glass 
granules. 

The first clinical publication on the use of bioactive glass (S53P4) in the 
treatment of osteomyelitis in the lower extremities and spine showed that it 
was effective as a one-stage procedure, with a favorable outcome in 10 out of 
11 patients lasting for a mean of 24 months (range 10-38 months). 19 See Fig. 12.1 
for an example of the procedure. 
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There are only a few publications to date on the use of bioactive glass in 
instrumented spine surgery. In lumbar fusions using a HA-BAG composite 
(Chitra-HABg) as graft material, a high resorption rate and a poor consolidation 
was reported in 95% of the BAG composite cases. The Chitra-HABg used in 
this study which had to be terminated early contained 80% HA and 20% of a 
BAG (composition unknown). The outcome of that study was excellent on the 
autograft side. 20 

An apatite-wollastonite containing bioactive glass-ceramic (AAV glass- 
ceramic), developed at the Kyoto University in 1982, was used in 14 patients 
undergoing lumbar fusion. Seven out of 11 patients followed for 18 months 
showed subtotal/total fusion and at two-year follow-up the remaining six patients 
were all in this category. References and various surgical applications of the AAV 
glass-ceramic in many thousands of cases in Japan are discussed in Chapter 14 
by Professor T. Yamamuro. 

A combination of bioactive glass 45S5 Bioglass® (Novabone®) and auto¬ 
graft bone has been compared with autograft bone alone in the treatment of 
88 patients with adolescent idiopathic scoliosis, resulting in similar results to 
those obtained using autograft alone. 21 The loss of correction of the main thoracic 
curve was slightly less for the bioactive glass group. Moreover, the blood loss and 
the comphcation rate were also significantly lower for the bioactive glass group. 21 


12.4. BIOACTIVE GLASS IN SPINE SURGERY: 

TURKU UNIVERSITY 

Bioactive glasses of a composition modified from the original 45S5 com¬ 
position were investigated at Turku University during the 1980s. Preclinical ani¬ 
mal tests showed strong interfacial bonding with bone. In an experimental rabbit 
model for spine fusion there was no significant difference between bioactive glass 
granules and autograft in new bone formation at the 12 week time point. 22 Details 
are presented in Chapter 3, including the chemical formula that contains 53% 
Si0 2 . The designation of the bioactive glass is S53P4. In our prospective long¬ 
term study for the use of bioactive glass S53P4 (BonAlive®) in degenerative 
spondylolisthesis of the lumbar spine and unstable burst fractures, we reported 
the clinical and radiological findings. In the degenerative group standard instru¬ 
mented lumbar fusion was performed and a mean of 25 g (20-40 g) of S53P4 
bioactive glass granules and autograft was placed on each posterolateral fusion 
bed in 20 patients during 1996-1998. Seventeen patients participated in the whole 
11-year follow-up, two died of unrelated causes and one was lost to follow-up. 
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A solid bony fusion was seen on CT scans on the side of autogenous bone in all 
patients and on the side of bioactive glass in 12 out of 17 patients. The fusion rate 
of all 41 fusion sites for bioactive glass was 88% at the levels L4/5 and L5/S1. 
The mean visual analogue scales (VAS) for back pain at 11-year follow-up was 
3.5 (range 0 to 8) compared to the preoperative value of 7.3 (range 4 to 9). The 
mean Oswestry disability index (ODI) at the follow-up was 21 (range 0 to 52) 
compared with the preoperative score of 49 (range 32 to 64). The overall subjec¬ 
tive satisfaction was better for 15 patients at the 11-year follow-up than before the 
operation. 23 Figure 12.2 illustrates this clinical application. 

In the trauma group two patients had incomplete spinal cord injuries clas¬ 
sified as Frankel C; the others were neurologically intact. Fractures were reduced 
and fixed using USS® instrumentation and a mean of 23 g (10-35 g) bioactive 
glass S53P4, and autograft was placed on each posterolateral fusion bed. Ten 
patients participated in the ten-year follow-up. Three patients had died from unre¬ 
lated causes and three patients did not want to participate for personal reasons. 
No additional operations or hardware removals had been performed after the 
primary operation. A solid bony fusion was seen with CT in all patients on the 
side of autogenous bone. On the side where bioactive glass was used a solid bony 
fusion was observed in five patients and a partial fusion in five patients. This 
resulted in a fusion-rate of 71% for BAG; 15 fused segments out of 21 in total. 
The mean ODI was excellent, 12 (range 0-46). The mean VAS for radicular and 
back pain was 1 (range 0—4). All patients had returned to their jobs. At the time 
of the ten-year follow-up, five of the ten patients were retired on the basis of their 
age, none because of their medical condition. 24 Good clinical and radiological 
results have also been observed clinically using bioactive glass S53P4 mixed 
equally with autograft in a two-year follow-up (unpublished results). Figure 12.3 
illustrates this clinical application of bioactive glass. 


12.5. TREATMENT OF VERTEBRAL FRACTURES 

Vertebral fracture incidence increases exponentially after the age of 50, 
affecting 30-50% of women and 20-30% of men during their life. 25 Such frac¬ 
tures cause severe back pain, disability and impairment, leading to a raised 
mortality rate extending beyond the first year after the fracture. 26 Vertebroplasty, 
i.e. injection of poly(methyl methacrylate) (PMMA), is the common treatment for 
vertebral compression fractures non-responsive to conservative care. This treat¬ 
ment provides effective, immediate pain rehef, but the material has received criti¬ 
cism for its properties. In a recent prospective randomized FDA-IDE trial, 
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Figure 12.2. The patient is a 76-year old female treated for a L4/5 degenerative spon- 

dylolslisthesis with instability symptoms and radicular pain in the lower extremities. 

A. Preoperative T1 weighted sagittal MRI shows disc degeneration at L4/5 and seg¬ 
mental stenosis. 

B. Lateral X-ray image shows loss of disc height and traction spurs at L4/5 and a 4 mm 
L5 antelithesis in neutral standing position. 

C. AP plain X-ray shows straight posture and no signs of scoliosis preoperatively. 

D. One-year postoperative axial CT image at level of L4 shows a solid fusion on both 
the (*)autograft and on the (**)BG side. 

E-F. Plain X-ray images show strong fusion on the autograft side and bridging ostephytes 
from L3. 
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Figure 12.2. ( Continued) 

G. 11.5 year postoperative axial CT image at level of L4 shows a solid fusion on both 
the (*)autograft and on the (**)BG side. 

H-I. Plain X-ray images show severe loss of disc height at adjacent level L3/4 with 
prominent anterior osteophytes and slight degenerative retrolisthesis of L3. Shown 
in AP view, L3 is fused to L4 on the right side and a slight degenerative scoliosis is 
observed above the fusion. 


investigators compared the treatment results of 162 patients receiving Cortoss to 
94 patients receiving PMMA for vertebroplasty injection. 27 Cortoss consists of 
33% di-functional methacrylates (bis-GMA, TEGDMA, bis-EMA) that form a 
highly cross-linked three-dimensional polymer, reinforced with 67% radio¬ 
opaque and bioactive glass ceramic particles. Its mechanical properties closely 
match those of bone in compression. Non-inferiority of Cortoss relative to 
PMMA was observed, with Cortoss-treated patients experiencing significant pain 
relief at three months (p=0.0395) and better maintenance or improvement in func¬ 
tion at 24 months (p=0.0299). Incidence of serious device-related adverse events 
was 4.3% in both groups, none were life-threatening. 


12.6. FUTURE ASPECTS 

Preliminary results suggest that bioactive glass S53P4 can be considered a 
good, effective and usable material for the treatment of osteomyelitis, still war¬ 
ranting long-term follow-up. Bioactive glass as a bone graft extender can be 
considered as a good alternative in degenerative and trauma spine surgery. From 
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Figure 12.3. 51-year old female with predominantly low-back pain for several years, 

severe for six months, radicular pain and a mild peroneal palsy. Neurogenic claudication 
at 30 m and an antropoid gait. She was treated by a transpedicular fusion L4-S1, decom¬ 
pression and a reduction combined with an intercorporal fusion L4-L5 using autograft and 
8 cc of S53P4 bioactive glass. She returned to her work as a nurse four-months postopera- 
tively. At the 24-month postoperative control the subjective outcome was excellent, ODI 
was 1/45(2,2%). (Courtesy of Dr. Juho Rantakokko, Turku University Hospital.) 

A. T2 weighted sagittal MRI showing a 15 mm L4/5 high-grade degenerative slip 
and severe spinal stenosis and Modic I end-plate changes. 

B. Functional X-ray in forward bending showed an increase of the slip. 

C-D. Postoperative sagittal and coronal reconstruction confirming the reduction and 
autograft and bioactive glass covering the transverse processes L4, L5 and sacrum. 
E-H. Postoperative lateral X-rays 0, 3, 12 and 24 months postoperatively confirms 
the intact posture and fusion building intercorporally between L4-L5. 

E 0 -H 24 . Postoperative AP X-rays 0, 3, 12 and 24 months postoperatively shows the devel¬ 
opment over time of a solid fusion L4-S1. 
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a socio-economic point of view one needs to take into account when using 
autografts the longer operation time required for harvesting bone, risk of infection 
and postoperative hematoma, resulting in a potentially increased sick leave when 
evaluating the cost of treatment. Local hospital bone banks are getting more cen¬ 
tralized, opening an opportunity for increased use of synthetic bone substitute 
materials. The clinical use of bioactive glass as a bulk implant has been limited 
due to its structural weakness. The modulus of elasticity is high but due to the 
amorphous structure it is brittle. This makes a weight-bearing construct difficult 
to develop for spine surgery. Methods such as rapid prototyping and unidirec¬ 
tional freezing of suspensions have resulted in the creation of porous bioactive 
glass scaffolds with compressive strength and elastic modulus, which are compa¬ 
rable to, or approach the values for, human cortical bone. 28 ' 29 ' 30 These scaffolds 
have potential applications in the regeneration of load-bearing bones. 31 


12.7. CONCLUSION 

One has to remember that the patient is always in focus and the surgeon’s 
primary task is to provide the best care available for the patient. Bone graft sub¬ 
stitutes offer promise for the future but they have to be safe, effective and afford¬ 
able. In the end it all comes down to Hippocrates’ quote: “As to diseases, make a 
habit of two things — to help, or at least, to do no harm.” 
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Chapter 13 

AAV GLASS-CERAMIC: PROCESSING 
AND PROPERTIES 

Tadashi Kokubo 

13.1. COMPOSITION AND PROCESSING 

Glass can be converted by heat treatment into glass-crystal composites 
containing various kinds of crystalline phases with controlled sizes and contents. 
The resultant glass-ceramic can exhibit superior properties to the parent glass and 
to sintered crystalline ceramics. Generally, monophase bioactive ceramics such as 
Bioglass®-type glasses and sintered hydroxyapatite (HA) do not show as high a 
mechanical strength as human cortical bone. Natural bone is a composite in 
which an assembly of HA small crystal particles is effectively reinforced by 
organic collagen fibers. Kokubo et al. attempted to prepare a similar composite 
by a process of crystallization of glass in 1982. In this attempt, (3-wollastonite 
(CaO • Si0 2 ), consisting of a silicate chain structure, was chosen as the reinforcing 
phase. 1 

A parent glass in the pseudotemary system 3CaO ■ P,O s -CaO • Si0 2 - 
MgO • CaO • 2Si0 2 was prepared by the conventional melt-quenching method. 
When the glass in a bulk form was heated up to 1,050°C at a rate of 5°C/min, fine 
grained oxyapatite and fibrous (3-wollastonite precipitated. Large cracks were, 
however, formed in the middle part of the crystallized product, because the 
wollastonite precipitated only from the outer surfaces of the glass. 2 In the next 
preparation the parent glass was crushed into a fine powder 5 (im in average size, 
pressed into the desired form and then subjected to the same heat treatment. The 
cracks were eliminated, but a small number of micropores remained in the inter¬ 
granular spaces of the glass powders because the apatite and wollastonite 
precipitated before complete densification. 3 A small amount of CaF 2 was added 
to the composition of the parent glass, and glass powder of the composition MgO 
4.6, CaO 44.7, Si0 2 34.0, P,0 5 6.2 and CaF 2 0.5 weight percentage (wt%) was 
subjected to the same treatment. As a result, the glass powders were fully densi- 
fied at about 830°C, and then the oxyfluoroapatite (Ca 10 (PO 4 ) 6 (O,F 2 )) and 
wollastonite precipitated successively at 870 and 900°C respectively, to give a 
crack- and pore-free dense and homogeneous glass-ceramic. 2 
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Figure 13.1. Transmission electron micrograph of AAV: glass-ceramic; A: apatite; 
W: wollastonite; G: glassy phase. 


Figure 13.1 shows a transmission electron micrograph of the resultant 
glass-ceramic. In this case, the wollastonite did not take the fibrous form. Both 
the apatite and wollastonite were homogeneously dispersed in a glassy matrix, 
taking the shape of a rice grain 50 to 100 nm in size. According to powder X-ray 
diffraction, the contents of apatite, wollastonite and residual glassy phase were 
38, 34 and 28 wt%, respectively, and the composition of the residual glassy phase 
was estimated to be MgO 16.6, CaO 24.2 and Si0 2 59.2 wt%. 3,4 This glass- 
ceramic was named AAV after the names of the crystalline phases and is called 
Cerabone® AAV commercially. 


13.2. MECHANICAL PROPERTIES 

AAV glass-ceramic can easily be machined into various shapes, even into 
screws, by diamond tools. Figure 13.2 shows AAV glass-ceramic shaped into 
artificial vertebrae, intervertebral spacers, spinous process spacers and iliac spac¬ 
ers. Some physical properties of the glass-ceramic are shown in Table 13.1. The 
bending strength (215 MPa) of this glass-ceramic is almost twice that (115 MPa) 
of dense sintered HA and even higher than that (160 MPa) of human cortical bone 
in an air environment. The parent glass G and the glass-ceramic A, precipitating 
only the apatite, have bending strengths of 72 and 88 MPa, respectively. It is 
evident that the high bending strength of AAV glass-ceramic is due to the precipi¬ 
tation of the wollastonite as well as apatite. AAV glass-ceramic has a fracture 
toughness of 2.0 MPa-m 1/2 whereas glass G and the glass-ceramic A have only 
0.8 and 1.2 MPam 1/2 , respectively. This means that the high bending strength of 
AAV glass-ceramic is attributed to its high fracture toughness. AAV glass-ceramic 
has a fracture surface energy of 15.9 Jirr 2 , whereas glass G and glass-ceramic 
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Figure 13.2. Iliac spacers (left), artificial vertebrae (middle top), spinal spacers (middle 
bottom) and intervertebral spacers (right). 


Table 13.1. Physical Properties of AAV Glass-Ceramic. 


Density (g/cm 3 ) 

3.07 

Bending Strength (MPa) 

215 

Compressive Strength (MPa) 

1080 

Young’s Modulus (GPa) 

118 

Vickers Hardness (HV) 

680 

Fracture Toughness (MPa 1 ' 2 ) 

2.0 

Slow Crack Growth (n) 

33 


A have only 3.3 and 6.4 Jm -2 , respectively. The high fracture toughness of AAV 
glass-ceramic is attributable to the high fracture surface energy. Glass G and 
glass-ceramic A show a fairly smooth fracture surface, whereas AAV glass- 
ceramic has a roughened fracture surface, as shown in Fig. 13.3. This means that 
the wollastonite effectively prevents straight propagation of the cracks, causing 
them to turn or branch out. 5 It is notable that the wollastonite exhibits such a 
reinforcing effect, even though it is not in a fibrous form. 

When loaded in an aqueous body environment, this glass-ceramic shows 
a decrease in mechanical strength, i.e. fatigue, by slow crack growth due to 
stress corrosion, similar to other ceramics. The magnitude of its fatigue is, how¬ 
ever, much lower than those of glass G and glass-ceramic A. 6 The decrease in 
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Figure 13.3. Scanning electron micrographs of fracture surfaces of glass G, glass- 
ceramic A and A/W glass-ceramic. 


Table 13.2. Ion Concentrations of Simulated Body Fluid (SBF) and Human Blood 
Plasma. 


Ion Concentration (mM) 

Na + K + 

Ca 2+ 

Mg 2+ 

cr 

HCO 3 - HPO 1 

sol- 

SBF 142 5 

2.5 

1.5 

147.8 

4.2 1 

0 

Human Plasma* 142 5 

2.5 

1.5 

103 

27 1 

0.5 


Chemical Anatomy, Physiology and Pathology of Extracellular Fluid, 6 ed., Harvard University Press, 
Cambridge, MA. 


bending strength of AAV glass-ceramic with decreasing stress rate in a simulated 
body fluid with ion concentrations nearly equal to those of the human blood 
plasma of pH 7.25 at 36.5°C (Table 13.2) is much lower than those of glass G 
and glass-ceramic A (Fig. 13.4). The parameter, n, of slow crack growth, which 
is derived from the dependence of the bending strength upon the stressing rate, 
is 33 for AAV glass-ceramic, whereas it is 9 and 18 for glass G and glass- 
ceramic A, respectively. When a bending stress of 65 MPa is continuously 
applied in the body, AAV glass-ceramic should withstand it for over ten years, 
whereas glass G, glass-ceramic A, and dense sintered HA would survive only 
one minute. The magnitude of the fatigue of AAV glass-ceramic can be further 
decreased by a surface modification such as Zr+ ion implantation. 7 Animal 
experiments have shown that AAV glass-ceramic maintains its high mechanical 
strength for long periods in vivo} 
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Figure 13.4. Dependence of bending strength (o f ) of glass G, glass ceramic A, 
AAV glass-ceramic and dense sintered HA in the simulated body fluid at 36.5°C upon 
stressing rate (o»). 


13.3. SURFACE CHEMISTRY 

AAV glass-ceramic is so tightly bonded to the living bone that the fracture 
under tensile stress does not usually occur at the interface between the glass-ceramic 
and bone, but within the bone. Its bioactivity is much higher than that of sintered 
HA. For example, its granular particles are covered with newly grown bone on up 
to 90% of their surfaces within four weeks in rat tibia, whereas those of the sintered 
HA are only 60% covered even after 16 weeks, as shown in Fig. 13.5. 9 Thus high 
bioactivity of AAV glass-ceramic is attributed to a specific surface property. 

When AAV glass-ceramic is implanted into a bone defect, it forms a thin 
layer, rich in Ca and P, on its surface and bonds to the surrounding bone through 
this layer, as shown in Fig. 13.6. 10 This CaP-rich layer is identified as a layer of an 
apatite by X-ray microdiffraction, as shown in Fig. 13.7. 11 With transmission elec¬ 
tron microscopy, AAV glass-ceramic is seen closely connected to the living bone 
through this apatite layer, without a distinct boundary, as shown in Fig. 13.8. 12 

The same type of apatite layer is formed on the surface of AAV glass- 
ceramic even in a simulated body fluid with ion concentrations nearly equal to 
those of human blood plasma (Table 13.2), as shown in Fig. 13.9. According to 
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Time after implantation 

Figure 13.5. Surface area of AAV glass ceramic and two kinds of commercial sintered 
HA covered with newly grown bone as a function of time after implantation. 



Figure 13.6. Electron probe X-ray microanalysis of the interface of AAV glass-ceramic 
in rabbit tibia. 


thin-film X-ray diffraction and Fourier transform infrared reflection spectroscopy 
of the surfaces of AAV glass-ceramic soaked in simulated body fluid, the surface 
apatite layer consists of a carbonate-containing HA with small crystallite and/or 
defective structure. 13 
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Figure 13.7. X-ray microdiffraction of the interface of AAV glass-ceramic to the bone of 
sheep vertebra. 


The compositional and structural characteristics of this apatite are similar 
to those of the apatite in the natural bone. It is expected that a bone-producing cell 
(osteoblast) would proliferate preferentially over fibroblasts on the surface of the 
apatite layer. Consequently, fibrous tissue, which usually forms around foreign 
material, is not formed around AAV glass-ceramic, and the surrounding bone can 
grow directly on the surface apatite layer. When this occurs, a tight chemical bond 
forms between the surface apatite and the bone apatite, in order to reduce the 
interfacial energy. This is confirmed by the observation that a pair of AAV glass- 
ceramic samples which were implanted, soaked in the simulated body fluid, 14 or 
implanted subcutaneously into rats, 15 were then so tightly bonded together 
through a mutual apatite layer that they could not be separated. This suggests that 
the bone-like apatite layer which is formed on the surface of AAV glass-ceramic 
in the body plays an essential role in forming the chemical bond of the glass- 
ceramic to the bone. The same type of CaP-rich layer or apatite layer has been 



























178 


An Introduction to Bioceramics 2nd Edition 



Figure 13.8. Transmission electron micrograph of the interface of AAV glass-ceramic in 


observed also in Bioglass®-type glasses, 16 Ceravital®-type glass-ceramic, 17 and 
sintered HA, 18 but not for non-bioactive glasses 19 or glass-ceramics. 20 The bone¬ 
like apatite layer plays an essential role in forming the chemical bond of all bioac¬ 
tive materials which bond to bone. The higher bioactivity of AAV glass-ceramic 
than that of sintered HA might be attributed to the higher rate of formation of the 
apatite layer on AAV glass-ceramic. 18 

The human body fluid is already supersaturated with respect to apatite 
under normal conditions. 21 Therefore, once apatite nuclei have formed, they can 
spontaneously grow. AAV glass-ceramic releases appreciable amounts of calcium 
and silicate ions into the simulated body fluid. 4 It is probable that these ions pro¬ 
mote apatite nucleation on the surface of AAV glass-ceramics. In order to study 
this mechanism in more detail, the compositional dependence of apatite forma¬ 
tion on the surface of glasses in the simple ternary system Ca0-Si0 2 -P 2 0 5 was 
investigated in simulated body fluid. It was found that only CaO-Si0 2 -based 
glasses formed the apatite layer on their surfaces within 30 days, whereas the 
CaO ■ P 2 0 5 -based glasses did not. This behavior is in contrast to the conventional 
expectation, at least within the glass-forming compositional region, as shown in 
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Figure 13.9. Transmission electron micrograph of a cross section of AAV glass-ceramic 
soaked in simulated body fluid. 


Fig. 13.10. 22 Even P 2 O s -free CaOSi0 2 binary glasses formed the apatite layer 
in vitro as well as in vivo. 23 The CaO • Si0 2 -based glasses release an appreciable 
amount of calcium, whereas the CaO • P,0 5 -based glasses release phosphates. 
Both types of ions increase the ionic activity product of the apatite in the 
surrounding fluid. The magnitude of the increase is almost equal between the 
CaO ■ SiO,-based glasses and the CaO • P,0 5 -based glasses, as shown in 
Fig. 13.11. 24 In spite of this, only the CaO-Si0 2 -based glasses formed the apatite 
layer which decreased the ionic activity product of the fluid. 

This behavior is due to a peculiar surface structure of the CaO-Si0 2 -based 
glasses which provides favorable sites for apatite nucleation. The CaOSi0 2 - 
based glasses form a silica hydrogel layer prior to the formation of the apatite 
layer. 23 ' 24 It is probable that this hydrated silica induces apatite nucleation. This is 
confirmed by the observation that a pure silica gel, prepared by the sol-gel 
method, formed bone-like apatite on it when soaked in simulated body fluid at 
pH 7.4, as shown in Fig. 13.12. 25 Such apatite formation was observed neither on 
the surface of silica glass nor on that of a crystalline quartz silica. This suggests 
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Figure 13.10. Compositional dependence of apatite formation on glasses in the system 
Ca0-Si0 2 -P 2 0 5 in simulated body fluid (soaking time: 30 days). 



Figure 13.11. Variation of the ionic activity product of the apatite in simulated body 
fluid with the immersion of Ca0-Si0 2 -P 2 0 5 glasses. 


that a certain kind of silanol group, abundant on the surface of the silica gel, is 
responsible for the apatite nucleation. 


13.4. SUMMARY 

The mechanism of apatite formation on the surfaces of CaO • Si0 2 -based 
glasses and glass-ceramics, including AAV glass-ceramic, in the body can be 
interpreted as follows. The calcium ion dissolved from the glasses and 
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Figure 13.12. Apatite formation on a pure silica gel in simulated body fluid of pH 7.4. 



Figure 13.13. Schematic representation of the mechanism of apatite formation on the 
surfaces of CaO • Si0 2 -based glasses and glass-ceramics in the body. 


glass-ceramics increases the ion activity product of the apatite in the surrounding 
body fluid, and the hydrated silica on the surfaces of the glasses and glass-ceramics 
provides favorable sites for apatite nucleation, as shown in Fig. 13.13. 
Consequently, the apatite nuclei are rapidly formed on their surfaces. Once the 
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apatite nuclei are formed, they spontaneously grow by consuming calcium and 
phosphate ions from the surrounding body fluid. In the case of A/W glass-ceramic, 
although the presence of the silica gel layer on its surface could not be detected 
even under the high resolution transmission electron micrographs (see Figs 13.8 
and 13.9), the dissolution of an appreciable amount of the silicate ion from the 
glass-ceramic into the simulated body fluid indicates the formation of a large 
number of silanol groups at the surface of the glass-ceramic in the body. 

If the explanation of the mechanism of the apatite formation described 
above is valid, it is expected that the bone-like apatite layer could be formed on 
the surfaces of various kinds of materials including metals, ceramics and organic 
polymers by the following biomimetic method at ordinary temperature and 
pressure. 26 When a material as a substrate is placed on or in granular particles of a 
CaO ■ Si0 2 -based glass soaked in the simulated body fluid for a certain period, as 
shown in Fig. 13.14, a large number of apatite nuclei can be formed on the surface 
of the substrate, as well as on the surfaces of the glass particles, by the calcium 
and silicate ions dissolved from the glass particles. When the substrate is then 
soaked in another solution supersaturated with respect to the apatite, the apatite 
nuclei grow spontaneously in situ on the substrate by consuming the calcium and 
phosphate ions from the surrounding solution to form the apatite layer. 27 

A dense and uniform layer of bone-like apatite was formed on various 
kinds of materials, including stainless steel, titanium metal, platinum, gold, 
silicon, carbon, alumina, zirconia, polymethylmethacrylate, polyethylene, 
polyethylene terephthalate (PET), and polyethersulfone (PES), by this method, as 
shown in Fig. 13.15. 26 ' 27 The thickness of the apatite layer continued to increase 
with increased soaking time in the second solution, as shown in Fig. 13.16. The 
rate of growth of the apatite layer increased with increasing temperature 
(Fig. 13.16) and the degree of the supersaturation of the second solution. 28 



CaO.SiC^-based glass Substrate 

Nucleation of apatite Growth of apatite 


Figure 13.14. Apatite formation on various substrates. 
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Figure 13.15. Apatite layer formed on various substrates. 



Figure 13.16. The thickness of the apatite layer as a function of soaking time in a 
solution with ion concentrations 1.5 times those of simulated body, fluid at various 
temperatures. 


The rate of growth in the solution with ion concentrations 1.5 times of the 
simulated body fluid at 60°C was 7 (im/day. The adhesive force of the apatite layer 
thus formed to the substrate varied with the time and roughness of the substrate. 
PET and PES showed remarkably high adhesive strength to the apatite layer 
among the examined polymers. Figure 13.17 shows the bone-like apatite layer 
coated on fine fibers of a cloth of PET. This apatite-polymer composite can be 
bent sharply without peeling off the apatite layer. This type of composite may be 
useful for fabricating highly bioactive artificial bone with mechanical properties 
close to those of the natural bone; not only fracture strength and fracture tough¬ 
ness, but also elastic modulus. In addition, this type of organic polymer coated 
with apatite is expected to show high compatibility even with soft tissues. 
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Figure 13.17. Apatite layer coated on fine fibers of a cloth of PET. 


The fundamental understanding of the mechanism of the apatite formation 
on AAV glass-ceramic in the body described above also provides the way for 
developing other kinds of high performance bioactive materials, such as self¬ 
setting bioactive materials, useful as bone fillers and drug delivery system 29 ’ 30 and 
ferrimagnetic bioactive materials useful as thermoseeds for hyperthermia treat¬ 
ment of cancer. 3132 
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Chapter 14 

AAV GLASS-CERAMIC: CLINICAL 
APPLICATIONS 

Takao Yamamuro 


14.1. INTRODUCTION 

There are many kinds of ceramics currently available for the repair of 
extensive lesions or defects in bones and joints. Bioglass®, Ceravital®, and syn¬ 
thetic hydroxyapatite (HA) 1 develop a strong chemical bond with bone in vivo. 
Mechanical strengths exceeding that of the human cortical bone are not reached, 
however, except for dense AAV glass-ceramic. As described earlier, AAV glass- 
ceramic is capable of binding strongly to living bone in a few weeks and has a 
mechanical strength significantly higher than that of human cortical bone 
(Chapter 13). Since 1983, we have used AAV glass-ceramic in the spine and hip 
surgery of patients with extensive lesions or bone defects, and the results were 
quite satisfactory, as summarized below. 

14.1.1. Bonding of AAV Glass-Ceramic to Bone 

The bonding ability of AAV glass-ceramic to bone was evaluated using 
rabbit tibial bones, and the load to failure was measured and compared with that 
of other bioactive ceramics. In the first experiment, 2 each bioactive ceramic was 
shaped into a rectangular plate (2 mm x 10 mm x 15 mm), surfaces were polished 
by No. 1500 SiC paper, and they were placed in an ethanol-filled ultrasonic 
cleaner for 20 min. The tibial proximal metaphyses were exposed subperi- 
osteally, a 15 mm long hole penetrating the medial and lateral cortex was made 
using a dental burr parallel to the longitudinal axis of the tibia, and a ceramic 
plate was implanted into each hole. Each experimental group comprised of 4-8 
rabbits, which were killed 2, 4, 8, and 25 weeks post-implantation. A segment of 
the tibia containing a ceramic implant was excised and the bone dissected as 
shown in Fig. 14.1 A. After dissection, the bone on either side of the implant was 
not directly connected with the other but was joined only through the intervening 
implant, Fig. 14.IB. Each segment was held with a hook connected to an 
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Figure 14.1. Diagram of detaching test system. 


Instron-type testing machine. The implant was placed horizontally and pulled in 
the opposite direction at a cross-head speed of 3.5 cm/min (Fig. 14.1C). The load 
at which the implant, the bone, or the interface was broken was designated as 
the failure load. The failure load 8 and 25 weeks after implantation is shown in 
Table 14.1. AAV glass-ceramic showed tight bonding to bone comparable with 
synthetic dense HA, and in 25 weeks its load was 70% of that of bone. The break¬ 
ing of the bond occurred mostly in the hone in AAV glass-ceramic groups, while 
it occurred mostly in the ceramic in HA groups, but not at the bonded interface 
in either group. The bonded interface was observed by contact microradiography 
and SEM after being ground to about 80 (im thick. Histological examination 
revealed that AAV glass-ceramic bonded directly to the hone tissue (Fig. 14.2), 
as did synthetic HA by forming a CaP-rich layer at the interface. 3 

In the second experiment, 4 the bonding of AAV glass-ceramic to the sur¬ 
face of cortical bone, the proximal metaphyseal cortex of rabbit tibia was exposed 
subperiosteally and an implant made of AAV glass-ceramic was fixed on the 
surface of cortex with a metal screw (Fig. 14.3). The rabbits were killed 2, 4, 8, 
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Table 14.1. 

Failure Loads Obtained by Detaching Test. 



Mean ± S.D. (kg) 

Ceramics 

8 Weeks 

24 Weeks 



24 Weeks 

Alumina 

0.18 ±0.018 


Bioglass® 

2.75 ± 1.8 


Ceravital® 

5.51 + 1.48 

4.35 ± 1.45 

Dense HA 

6.57 + 1.36 

7.77 ±1.91 

AAV Glass-Ceramic 

7.44 ± 1.91 

8.19 ±3.6 




Figure 14.2. AAV glass-ceramic bonded to bone. 


and 25 weeks after the implantation. Each experimental group comprised of 5-6 
animals. After removing the metal screw, the bone segment was excised and the 
bone covering the margin of the implant was completely removed. The implant 
and the piece of bone were held by hooks which were connected to an Instron- 
type testing machine. The implant was pulled perpendicularly to the base of the 
implant in contact with bone cortex, at a cross-head speed of 3.5 cm/min, and the 
load required to detach the implant from the bone or to break the bone was meas¬ 
ured. All the AAV glass-ceramic implants were detached from the surface of bone 
cortex, leaving bone attached to the implants after 4, 8, and 25 weeks after 
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Figure 14.4. Implant and bone after detachment test. The bone has broken. 


implantation. The fracture occurred within the bone in most instances, and the 
AAV glass-ceramic implants did not break (Fig. 14.4). Figure 14.5 shows that the 
tensile strength of bonding between the AAV glass-ceramic implant and the sur¬ 
face of bone cortex increased remarkably four weeks after the implantation and 
was almost maximal by eight weeks. The histological appearance at the interface 
is shown in Fig. 14.2. 

It has been confirmed mechanically and histologically that implants made 
of AAV glass-ceramic bond firmly to living bone in a few weeks and the implants 
do not deteriorate in vivo, 5 - 6 In vitro studies suggest that AAV glass-ceramic bonds 
to bone in a shorter time than synthetic HA, presumably because it contains a 
glassy phase, which releases more Ca ions in the early post-implantation stage 
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Figure 14.5. Tensile strength in kg/cm 2 (vertical axis) against implant time in weeks 
(horizontal axis). 


than HA, and releases silicate ions, which may initiate crystallization of biologi¬ 
cal apatites working as their nuclei on the surface of the implant (Chapter 13). 


14.2. ANIMAL STUDIES 

14.2.1. Intercalary Replacement of a Segment of the Long Bone 
with an AAV Glass-Ceramic Implant in Animals 

Intercalary replacement of the shafts of rabbit tibiae with AAV glass- 
ceramic implants was performed under weight-bearing conditions to determine 
whether this glass ceramic is useful as a material for load-bearing prostheses. 8 
A 16 mm segment of the middle of the shaft of each rabbit tibia was resected and 
the defect was replaced with a hollow cylindrical implant. The implant was 9 mm 
in diameter and 15 mm long, and had a central hole with a diameter of 3.05 mm. 
It was fixed to the tibia by intramedullary nailing using a 3 mm Kirschner wire. 
A cast was applied from thigh to toe for six weeks after operation, and the ani¬ 
mals afterwards allowed free movement. There were four groups each comprising 
eight rabbits. Two groups, one group with AAV glass-ceramic implants and the 
other with alumina ceramic implants, were killed 12 weeks after implantation. 
Two other similar groups were killed 25 weeks after implantation. The Kirschner 
wire was removed, the segment of the tibia that contained the implant was 
excised, and the proximal and distal bones were pulled apart with a tension-tester 
at a cross-head speed of 3.5 cm/min. 

The load to failure of specimens that contained the AAV glass-ceramic 
implant increased with time, 19.8 ± 7.06 Newtons after 12 weeks of implantation 
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to 126.4 ± 32.54 Newtons after 25 weeks of implantation, while the failure loads 
with alumina ceramic implants at the same implantation period were 0 and 
19.6 + 13.92 Newtons, respectively. No glass-ceramic implants broke during the 
tension testing. Histological observation of the interface between the implant and 
bone revealed that the gaps which had been observed at the interface immedi¬ 
ately after operation were filled with woven bone tissue in the 12 week speci¬ 
mens with an AAV glass-ceramic implant. On the other hand, in specimens 
containing an alumina ceramic implant, gaps were always filled with a thin layer 
of fibrous tissue. On the basis of mechanical strength and the performance of the 
bone-implant interface, prostheses fabricated from AAV glass-ceramic should be 
usable under load-bearing conditions. 

14.2.2. Replacement of the Vertebrae of Sheep 
with an AAV Glass-Ceramic Prosthesis 

Ten castrated male sheep weighing from 40 to 60 kg underwent replace¬ 
ment of the third and fourth lumbar vertebrae with vertebral prostheses made of 
AAV glass-ceramic, without bone graft. 9 Under general anesthesia, the lumbar 
vertebrae were approached retroperitoneally. The intervertebral disc between the 
two lumbar vertebrae was removed with about half of the vertebral bodies above 
and below. The bone defect thus produced was then fdled with a vertebral pros¬ 
thesis. The prosthesis was cylindrical, 15 mm in length and 10 mm in diameter in 
two animals, and 30 mm X 12 mm in eight animals. In the former group, the 
prostheses were implanted without any fixation. In the latter group, the prostheses 
were securely fixed with Zielke’s instrumentation. The animals were immobilized 
for two days postoperatively with a specially-made body brace, and they were 
allowed free movement thereafter. They were killed at various times 3-27 months 
postoperatively. After removing the Zielke’s instrumentation, the vertebrae 
containing AAV glass-ceramic prostheses were prepared for microscopic, contact 
micrographic, SEM, and EPMA observations. 

In the two cases in which 15 mm long prostheses were implanted and 
animals killed 24 months and 27 months after operation respectively, bone bond¬ 
ing between the prostheses and the two vertebrae was observed by radiography 
and contact microradiography. The prostheses were bonded directly to the tra¬ 
beculae of the cancellous bone, and even at the sites where trabeculae were lack¬ 
ing, irregularly shaped new bone of about 12 pm in thickness was observed, 
covering the prosthesis surface. In other animals, which received a 30 mm long 
implant, direct bonding of the prosthesis to both vertebrae was observed in two 
cases and bonding to one vertebra only in one case. SEM-EPMA and X-ray 
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microdiffraction analysis of the interface, whether bonded or not, always showed 
a CaP-rich layer on the surface of the prosthesis. This layer was confirmed as 
apatite by crystallographic analysis. From this study, together with previous 
studies using rabbit tibia, 2-4 ' 8 we presumed that failure of bonding of the prosthe- 
ses to the vertebrae might be due to a failure of fixation rather than chemical 
inactivity of the prosthetic surface, and this was later confirmed with clinical 
experience where a very firm fixation method was employed. 


14.3. CLINICAL APPLICATIONS 

14.3.1. Replacement of the Vertebrae with AAV Glass-Ceramic 
Vertebral Prostheses in Clinical Cases 

In the past, when the vertebral column was extensively damaged by 
tumors or trauma, its reconstruction had been attempted by the use of autogenous 
bone and allograft in combination with metals, PMMA bone cement, or alumina 
ceramic. However, autogenous bone and allograft have certain limits in their 
availability, and the long-term durability of non-bone-bonding implants is not 
always satisfactory due to loosening and dislocation. To make a strong, bone¬ 
bonding vertebral anaplerosis, we prepared vertebral prostheses made of AAV 
glass-ceramic for clinical use. The prosthesis is in many different sizes so that the 
surgeon is able to choose the appropriate one in the operating theater (Fig. 14.6). 



Figure 14.6. Selection of AAV vertebral prosthetic devices. 
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In 1983, the first replacement operation of thoracic vertebra using an AAV 
glass ceramic prosthesis was performed at Kyoto University Hospital in a 50 year 
old female patient who developed breast cancer metastasis in the tenth thoracic 
vertebra, associated with mild paraplegia. 10 During the operation, through a thora¬ 
cotomy, total excision of the tenth thoracic vertebra and partial excision of the 
vertebrae above and below were performed, and a vertebral prosthesis was 
securely implanted in the bone defect, combined with some autogenous bone 
graft. The patient survived without recurrence of the tumor in the operated site, 
although she developed another metastatic lesion in a lumbar vertebra six years 
postoperatively which was then also replaced with prosthesis (Fig. 14.7). 

The AAV glass-ceramic vertebral prosthesis was used in 70 clinical cases 
during the period 1983-1990 at Kyoto University and Hokkaido University. The 
age distribution of the patients ranged from 22-79 years with an average of 51-55 
years. There were 39 males and 31 females. Among them, 19 cases were meta¬ 
static tumors, 30 were burst fractures, 15 were compression fractures, and others 
were lumbar instabilities due to spondylolysis, spondylolisthesis, or interverte¬ 
bral disc hernia. Among 19 cases of metastatic tumors that underwent a vertebral 
prosthetic replacement, there were 12 different malignant tumors. Some patients, 
such as those with malignant melanoma, osteosarcoma, and lung cancer, died 
within a few months postoperatively. Many others survived for longer than three 
years, particularly those with breast cancer, renal cancer, thyroid cancer, and 
prostate cancer, who tended to survive for longer than five years. It is important 
to be able to provide patients with a pain-free and non-paralyzed life to make their 



Figure 14.7. Radiograph of vertebral prosthesis, six years and six months 
postoperation. 
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Figure 14.8. Radiographs of patient with burst fracture of lumbar vertebra (L3). 

remaining, limited life time valuable. This prosthetic replacement operation 
seems particularly indicated for patients with vertebral metastases of slow 
growing malignant tumors. 

In cases of burst fracture of the thoracic and lumbar vertebrae with para¬ 
plegia, the vertebral prosthetic replacement after decompression of the spinal 
cord always gives satisfactory results, although more-or-less paralysis may 
remain, depending on the preoperative severity and duration of spinal cord com¬ 
pression. The patient illustrated in Fig. 14.8 sustained burst fracture of the third 
lumbar vertebra with mild paraplegia after falling from a height. Anterior decom¬ 
pression of the spinal cord and reconstruction of the spinal column were 
performed shortly after the injury by the use of a 4 cm long vertebral prosthesis, 
which was firmly fixed with a Kaneda device. The patient recovered completely 
from paraplegia. In cases of compression fracture of the thoracic and lumbar 
vertebra with paraplegia, the vertebral prosthetic replacement of the fractured 
vertebral body always gives good results, although posterior decompression and 
spinal instrumentation with Luque’s rods may be indicated in some cases before 
anterior vertebral replacement. In any case, late collapse of the replaced spinal 
segments, which can occur when autogenous or allogenic bone is used, was 
prevented by the use of an AAV glass-ceramic vertebral prosthesis (Fig. 14.9). 

An AAV glass-ceramic vertebral spacer was used in six cases of lumbar 
instability for the purpose of posterior lumber interbody fusion fixed with 
Steffee’s device (Fig. 14.10). In all cases, solid fixation and stability of the lumbar 
vertebrae had been achieved by laminectomy and posterior interbody fusion with 
vertebral spacers (Fig. 14.11). Based on nine years of clinical experiences with 
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Figure 14.9. Radiograph of patient with fracture of lumbar vertebra (LI). 



Figure 14.10. AAV glass-ceramic vertebral spacer. 

the A/W glass-ceramic vertebral prosthesis, 11 we concluded that this vertebral 
prosthesis is useful for the reconstruction of the spinal column which had been 
severely destroyed by tumors, trauma, or degenerative diseases, provided a very 
firm fixation of the prosthesis to the adjacent bone is accomplished by the use of 
various spinal instrumentations in addition to autogenous bone grafting. 
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Figure 14.11. Radiograph showing AAV glass-ceramic used to treat lumbar instability. 

14.3.2. Reconstruction of the Iliac Crest with an AAV 
Glass-Ceramic Prosthesis 

In surgery of the spine, skeletal tumors, and skeletal trauma, large autog¬ 
enous bone grafts are often taken from the iliac crest. Taking such bone grafts 
from the iliac crest not only distorts the shape of the remaining ilium, but pro¬ 
duces other complications, such as tenderness, discomfort, pain on walking, 
fracture of the rest of the iliac crest, paresthesia, and abdominal herniations. To 
prevent such complications and fill bone defects, iliac crest prostheses of various 
sizes were fabricated from AAV glass-ceramic and used in 113 cases between 
1989 and 1990 (Fig. 14.12). The age of the patients ranged from 14-75 years 
(average 42.5 years), and the length of the bone defects ranged from 15-70 cm 
(average 43 cm). Results obtained one to two years after the operation were excel¬ 
lent in 97% of the patients, there was no spontaneous pain in 96%, no tenderness 
in 91%, and no foreign body feeling in 96%. Overall, patients’ satisfaction was 
excellent or good in 100% of the cases. Early fixation and ultimate stability were 
excellent in 94 and 96%, respectively. New bone formation around the iliac crest 
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Figure 14.12. A range of AAV glass-ceramic iliac crest prostheses. 


prostheses progressed steadily, and one year following the operation good new 
bone formation was observed in 90% of the patients. In half the cases, there was 
no radiological clear zone on either side of the prosthesis (Fig. 14.13). 12 

14.3.3. AAV Glass-Ceramic Granules as a Bone Defect Filler 

Bone defects remaining after the excision of bone tumors are usually filled 
with either autogenous bone or allograft. However, sufficient amounts of auto¬ 
genous bone and allograft are not always available. In cases of aseptic loosening 
of hip prostheses combined with large bone loss, a large amount of autogenous or 
allogenic bone is required. In such cases, we used AAV glass-ceramic granules in 
combination with autogenous cancellous bone and fibrin glue as bone substitute. 
In our animal experiments, 13 AAV glass-ceramic-fibrin mixture showed signifi¬ 
cantly better osteoconduction and acceleration of the bone-repairing process than 
AAV glass-ceramic granules. AAV glass-ceramic granules mixed with autogenous 
cancellous bone and fibrin glue are recommended to fill this type of bone defect. 
The case illustrated in Fig. 14.14 was revised due to aseptic loosening of a 
Charnley hip prosthesis which had been inserted 15 years previously. At the revi¬ 
sion operation, 45 g of AAV glass-ceramic granules was used, mixed with autog¬ 
enous bone and fibrin glue. Loosening of the stem of hip prostheses has been 
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Figure 14.13. Radiograph of an iliac crest prosthesis after one year. 

revised by the use of a long stem in combination with AAV glass-ceramic gran¬ 
ules mixed with autogenous bone and fibrin glue. 

From 1989 until 1993, we used AAV glass-ceramic granules in 32 cases of 
revision surgery of hip prostheses. The age of the patients at the time of revision 
surgery ranged from 30-76 years (average 60 years). Retrieved prostheses varied 
in type. In seven cases, only the socket of the prosthesis was retrieved. The 
amount of AAV glass-ceramic granules used at the operation ranged from 
10-75 g, with an average of 31 g. The results of the revision operations using 
AAV glass-ceramic granules have been satisfactory. 

14.4. CASE HISTORIES 

See Hench for colored illustrations of many of the devices and cases 
described herein. 14 

14.4.1. Vertebral Prostheses 

During the period 1983-1994, when the author retired from Kyoto 
University, the vertebral prosthesis made of AAV glass-ceramic (AW-GC) had 
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Figure 14.14. Radiographs of a hip prosthesis revision in a 55 year old female patient. 


been used in 1,070 cases in Japan. The device was used to treat bone tumors, burst 
fracture, and fracture dislocation of the spine. By 2010, the AW-GC vertebral 
prosthesis had been used to treat approximately 3,000 cases. There have been no 
serious complications reported, such as loosening, collapse, or breakage of the 
prosthesis. Figure 14.15 illustrates the progressive growth of bone around an 
AW-GC vertebral prosthesis. 


14.4.2. Intervertebral Spacers 

During the period 1989-1994, intervertebral spacers made of AW-GC 
were used for 1,005 lumbar spine fusion cases. The number of cases by 2010 had 
reached approximately 5,000. The AW-GC spacer has an osteoconductive effect, 
as shown by radiological follow-up studies. No case has shown late narrowing of 
the intervertebral space that is often observed when bone autograft or allograft is 
used for the interbody fusion. Figure 14.16 shows a clinical case of use of 
AW-GC intervertebral spacers. 
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Figure 14.15. Time course of radiological changes around an AW-GC vertebral prosthe¬ 
sis observed in a young female. The patient was treated for a metastasis of alveolar soft 
part sarcoma in L3 vertebra, which was removed prior to implantation of AW-GC. No 
recurrence has been observed for 20 years, with the bone trabeculae around the prosthesis 
becoming thicker with time. 



Figure 14.16. Intervertebral spacers of AW-GC used to treat a 40 year old patient with 
isthmic spondylolisthesis, causing severe low back pain and neuralgia in the leg. The 
spacers had an osteoconductive effect. 
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14.4.3. Laminoplasty Spacer 

Laminoplasty spacers were made of AW-GC to be used for laminoplastic 
enlargement in cases of multiple spinal canal stenoses of the cervical spine. 
Typically four to five laminae are enlarged and bone defects remaining in each 
lamina are filled with the spacer, which is fixed to the spinous process with 
threads. In most cases, bone bonding of the spacer was observed on CT images 
within six months after surgery, resulting in excellent stability of the spacer. The 
advantages of using the AW-GC spacer in laminoplastic enlargement are that: no 
surgical intervention for harvesting an autograft is required, and late collapse of 
the implant never occurs, as can be the case with autograft. During the period 
1988-1994, the AW-GC laminoplasty spacer was used in 778 cases in Japan. By 
2010 the number had reached 12,000 cases. This operation is considered to be the 
best indicated for myelopathy caused by multi-level spinal canal stenosis of the 
cervical spine. Figure 14.17 illustrates use of the AW-GC laminoplasty spacer in 
a 75 year old male with tetraplegia. 


14.4.4. Iliac Crest Prosthesis 

Harvesting of autograft from the iliac crest is often necessary. The large 
bone defect remaining following the removal of the bone can create various cos¬ 
metic and neurological problems, especially chronic pain. Iliac crest prostheses 



Figure 14.17. AW-GC used as laminoplasty spacer to enlarge the spinal canal for treat¬ 
ment of a 75 year old male suffering from tetraplegia due to ossification of the posterior 
longitudinal ligament from C4 to Cl. All of the spacer has united to the adjacent laminae 
by 14 months postoperation. 
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Figure 14.18. Replacement of a large bone defect in the iliac crest with an AW-GC 
prosthesis after harvest of an autograft. 


made of AW-GC were used to fill the bone defect in 4,113 cases during the period 
1987-1994. By 2010 the number of cases reached approximately 20,000. It is 
reported that 97% of the patients are satisfied with the iliac crest prosthesis. 
Figure 14.18 shows a typical clinical case using AW-GC as iliac crest 
prosthesis. 

14.4.5. Bone Defect Spacers 

Removal of large bone tumors developed in weight-bearing locations of 
long bones requires a strong, tough bone-bonding material to replace the lost 
bone. AW-GC large bone spacers have been used to fulfill this need. Clinical 
results after four years show satisfactory weight-bearing and function of the long 
bone. These findings show that AW-GC can be used clinically as a bone substitute 
in locations where synthetic HA implants cannot be used. 


14.5. CONCLUSION 

Twenty-seven years of clinical use of bioactive apatite-wollastonite glass- 
ceramic (AW-GC) in many thousands of patients has demonstrated excellent 
success. The concept of bioactive bone-bonding of orthopedic prostheses has 
revolutionized the long-term treatment of many ailments. 
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Chapter 15 

CERAVITAL® BIOACTIVE 
GLASS-CERAMICS 

Ulrich M. Gross, Christian Miiller-Mai and Christian Voigt 

Editor’s Note: This chapter is an abbreviated version of Chapter 7 of the 
first edition of An Introduciton to Bioceramics. Ceravital® was a short-lived 
bioactive glass-ceramic used for only a few years in middle ear prostheses. 
Structural failures occurred due to attack of the crystal-glass phase boundaries 
in the material. A short summary of the pioneering studies by Professor Ulrich 
Gross and colleagues at the Free University of Berlin document the important 
effects of various metallic constituents in the glass-ceramics on the mineraliza¬ 
tion and bonding of bone and especially the role of matrix vessels. References to 
this historical work follow. 


15.1. SUMMARY 

Shortly after L.L. Hench published his paper titled “Bonding Mechanisms 
at the Interface of Ceramic Prosthetic Materials” 1 in 1971, by which a new era of 
concepts, developments and products in the field of biomaterials was induced, 
E. Pfeil and H. Bromer used this information to design new glasses and glass- 
ceramic compositions. 2 They coined the term “Ceravital”, which means a number 
of different compositions of glasses and glass-ceramics and not only one product. 
These new materials were optimistically considered to be applicable for load- 
bearing conditions to replace bones and teeth. 3 However, the mechanical proper¬ 
ties were not compatible with this aim. Furthermore, it was shown that the surface 
reactivity, which is the leading force for the bone-bonding mechanism, is opera¬ 
tive at areas of the implant surface where soft tissue is interfacing and provides a 
milieu for dissolution of the material and activation of mononuclear and multi- 
nuclear resorbing cells. The experimental data indicated that the long-term stabil¬ 
ity of the material was endangered by this process. Other compositions were 
designed to decrease the solubility of the glasses and glass-ceramics (Table 
15.1). 4-6 In vitro experiments showed that this approach was successful and that 
the solubility of the material could be adjusted to various conditions, from high to 
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Table 15.1. Composition of Bone-Bonding Glass-Ceramic KG Cera, Mina 13 and Non- 
Bonding Glass-Ceramic KGy-213, M8/1 in Weight Percent. 



KG Cera 

Mina 13 

KGy213 

MS/1 

Si° 2 

46.2 

46 

38 

50 

Ca(P0 2 )z 

25.5 

16 

13.5 

7.1 

CaO 

20.2 

33 

31 

- 

Na 2 0 

4.8 

0 

4 

5 

MgO 

2.9 

5 



k 2 o 

0.4 


- 

- 

A1 2 0 3 


— 

7 

1.5 

TazOs 

- 

- 

5.5 

- 

Ti0 2 

- 


1 


Bz0 3 



- 

4 

Al(P0 3 h) 

- 

- 

- 

2.4 

SrO 


— 

— 

20 

Laz03 

- 



6 

Gd 2 0 3 

- 

- 

- 

4 


low solubilities, by the addition of metal oxides to the melt. However, in vivo 
investigations demonstrated that these new materials containing metal oxides 
inhibited development, maturation and especially mineralization of the bone 
matrix adjacent to the implant interface. Mechanisms of inhibition of mineraliza¬ 
tion were studied and the role of matrix vesicles in the promotion of mineral depo¬ 
sition analyzed. 7,8 There were several approaches to improve the biomechanical 
properties of the materials, including enameling 9 and making composites. 10 None 
were successful for clinical use. The only field in which glass-ceramic Ceravital® 
implants were clinically applied was to replace the ossicular chain in the middle 
ear, where the loads are minimal and the mechanical properties of the material are 
sufficient. 11 However, Ceravital® is no longer in clinical use for this application. 


15.2. TISSUE-CERAVITAL® RESPONSE 

At approximately six days, a bone regeneration phase starts, due to the 
first mineralized foci in the extracellular matrix which are observable in the light 
microscope (LM). Young trabeculae are observed, which continue to mineralize 
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and grow wider. In the case of KG Cera, some trabeculae attach to parts of 
the implant surface and a thin bony lamella additionally forms on the implant 
surface between the attaching trabeculae. Histomorphometry already yields 
approximately 10% bone-contact to KG Cera implants at seven days after implan¬ 
tation. In the transmission electron microscope (TEM) the bonding zone is an 
electron-dense seam which is known to develop on surface-reactive bone-bonding 
glass-ceramics. 

More collagen is incorporated in the outer part of the bonding zone at later 
stages and may represent the beginning of primary bone. In the case of glasses 
and glass-ceramics this bonding layer consists of Si-rich and CaP-rich parts 
which provide a chemical bonding of the implant to bone. 1 

In the case of non-bonding implants the situation at the interface is 
completely different. 4-13 On the whole implant surface there is no evidence for 
mineralization, i.e. there is a seam of non-mineralized extracellular matrix on the 
implant surface in the LM and there are no attaching layers of collagen-fibers 
showing different stages of mineralization in the TEM. Instead of mineralization, 
large multinucleated cells of about 50 pm in length and more were found attach¬ 
ing to the surface. This indicates that the difference in the healing around non¬ 
bonding and bone-bonding glass-ceramic implants occurred between the second 
phase (formation of granulation tissue) and third phase (formation of bone tissue) 
of wound healing. 

Bone-bonding and non-bonding specimens prepared for scanning elec¬ 
tron microscopic (SEM) evaluation showed trabecular structures fixing the 
implants within the marrow cavity. The amount of trabeculae was higher for the 
bone-bonding material KG Cera. 7 TEM studies demonstrated that the insertion 
of bone-bonding and non-bonding glass-ceramic implants affected the minerali¬ 
zation process differently. The production of matrix vesicles was changed in an 
implant-dependent, and time-dependent manner, which might alter the calcifi¬ 
cation of osteoid differently. Total matrix vessel (MV) numbers around KG Cera 
and KGy-213 showed significant higher values (p<0.05) around the 
bone-bonding material KG Cera when compared to the non-bonding material 
KGy-213. This clearly demonstrates that more MVs were produced around the 
bonding material. The significant higher value of MV per area of non-calcified 
extracellular matrix (ECM) points to the possibility that the capacity of osteo¬ 
blasts to produce MV is reduced around the metal oxide containing non-bond¬ 
ing implants. These results led to the suggestion that mineralization around 
non-bonding implants leads to inhibited tissue maturation, whereas bone-bonding 
implants seem to promote primary calcification via an increased number of 
matrix vesicles. 
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Additionally, the matrix vesicle distance to the calcifying front was lower 
in the case of the non-bonding material KGy-213 at three days and significantly 
statistically lower at six days after implantation when compared to the bone¬ 
bonding material. This suggests that the ECM is not as mature in the KGy-213 
material as in KG Cera. These results point to an affected osteoblastic function in 
the case of the non-bonding material where less extracellular matrix was 
produced. The data led to the conclusion that the negative effect of non-bonding 
implants might be on the growth of calcifying fronts. To achieve bone-bonding, 
the surface solubility is of utmost importance. Up to a certain level, a higher solu¬ 
bility results in increased bioactivity. In a previous study, it was shown that up to 
1.6% A1 2 O s can be tolerated without diminishing bone-bonding behavior. The 
percentage of metal ions can be slightly higher if the surface solubility is 
increased up to a defined maximum. 

15.3. REMODELING 

This phase starts at approximately 14 days, when tissues typical of the 
organ, i.e. mineralized bone or bone marrow, are produced and last for a life-time. 
This phase comprises of the replacement of trabecular bone by lamellar bone or 
bone marrow. The remodeled tissue will be adapted to the local needs, e.g. 
mechanical load. 

15.3.1. The Material Response 

The surfaces of glass-ceramic implants show degradation phenomena 
which are dependent on the chemical composition of the bulk material as well as 
on the tissue in contact with the surface. When bone-bonding occurs the surface is 
protected and stabilized against further degradative processes. Other tissues, e.g. 
soft tissue, allow ongoing degradation by various processes. Most obvious changes 
occur in bonding glass-ceramics, which show changes in surface morphology in 
the SEM and TEM. The ceramic phase of the implant is partially liberated as early 
as three days after implantation. The process continues until the ceramic phase is 
almost totally liberated approximately 28 days after implantation. Leaching phe¬ 
nomena start at the phase transition between glass and ceramic phases. 12 Such 
processes are enhanced on glow discharged (GD)-sterilized KG Cera implants, 
which show changes at three days, which were seen on autoclaved implants as 
early as 14 and more days after implantation, with zones displaying partially or 
totally freed ceramic particles. Leaching leads additionally to the liberation of the 
ceramic phase to loss of small implant particles which are then incorporated by 
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cells, such as macrophages and osteoblast-like cells. 13 A direct bioresorption of 
bulk materials seems also to be possible. It was shown that osteoblast-like cells 
were able to phagocytose dense hydroxyapatite implants. 13 Such cells were also 
observed on the KG Cera glass-ceramic with loose implant particles in the cyto¬ 
plasm. Ruffled borders were not observed. However, it seems possible that these 
cells are able to increase the degradation by lowering the pH underneath their cel¬ 
lular membrane, which in turn increases the implant solubility. 

Non-bonding implants with reduced solubility due to the addition of metal 
oxides to the bulk material do not show evidence of leaching phenomena up to 14 
days after implantation. At this stage macrophages can be observed with incorpo¬ 
rated particles of implant origin. Similar observations were made when comparing 
surfaces of autoclaved and GD-sterilized implants. 


15.4. CONCLUSIONS 

In vivo studies with different species showed that the cellular response to 
the glass-ceramics depends on the amount of metal oxides being released and 
influencing negatively the cellular function and the development and maturation 
of the ECM. There were two major groups: bone-bonding and non-bonding glass- 
ceramics. The non-bonding materials contained metallic elements that inhibited 
bone formation at the tissue-material interface. 
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Chapter 16 

MACHINABLE AND PHOSPHATE 
GLASS-CERAMICS 

Wolfram Holand and Werner Vogel 

16.1. INTRODUCTION 

The development of new materials for bone implants and substitutes in 
man has gained major importance over the past 20 years. In addition to metals, 
alumina, and organic polymers, glasses and glass-ceramics have come especially 
to the fore. These new implant materials are biocompatible, and may have bio¬ 
active properties. They are not regarded as foreign bodies and encapsulated by 
fibrotic tissue; instead, direct bonding takes place. The special combinations of 
properties required for medical indications can be adjusted and varied in glasses 
and glass-ceramics. 

Glass-ceramics consist of at least one glassy and at least one crystalline 
phase. The processing to develop a glass-ceramic is characterized by a formation 
of a base glass and an additional heat treatment of the glass. During this heat- 
treatment process, nucleation and crystallization has to be controlled to form the 
crystals in the base glass (Chapter 1). 

Biomaterials for bone substitution are called bioactive if a stable bond to 
the bone is formed. Hench et al} showed that Bioglass® can bond to bone in 
animals. The interface reactions between Bioglass® and bone, the formation of 
different Ca-, P-, and Si0 2 -rich layers, the dependence on the composition of the 
implant, the environment, and reaction time were studied. 2 It was shown that the 
preferred bonding of bone and biomaterial (glass-ceramic or sintered ceramic) 
can be achieved if the biomaterial contains apatite crystals in the basic material 3-5 
or develops an apatite layer. Mica crystals will permit predictable mechanical 
machining properties. 6 We believe that for a material to be machinable and bio¬ 
active, it should contain both mica and apatite crystals and we have developed 
glass-ceramics for medicine derived from different base glasses. 7-9 


16.2. COMPOSITONS AND PROCESSING 

BIOVERITI is a mica-apatite glass-ceramic with a chemical composition 
from the Si0 2 -(A1 2 0 3 )-Mg0-Na,,0-K 2 0-F-Ca0-P 2 0 5 base glass system. These 
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glasses are from the silico-phosphate type. The key to the development of 
BIOVERITI was to form a phase-separated base glass consisting of three glassy 
phases and to control the nucleation and crystallization by heat treating the 
glass. BIOVERIT II glass-ceramic contains mica as the main crystal phase and 
secondary crystals, e.g. cordierite crystals. 

The base glass is derived from the Si0 2 -Al 2 0 3 -Mg0-Na 2 0-K 2 0-F system, 
called silicate glasses. The base glass is phase separated into two glassy phases 
and micas were formed during heat treatment of the glass. Because of the high 
mica content, BIOVERIT I and II are machinable glass-ceramics. 

The chemical composition of BIOVERIT III glass-ceramic is character¬ 
ized by glasses from the Ca0-Al 2 0 3 -P 2 0 5 -Na 2 0 (Zr0 2 -Fe0/Fe 2 0 3 ) system, so 
called “invert” glasses of a phosphate type. In comparison to BIOVERIT I and II, 
the base glass of BIOVERIT III does not show phase separation. Apatite, A1P0 4 
crystals, and other phosphate crystals grow via a special process in the base glass 
during heat treatment. 10,11 

Machinable mica-based glass-ceramics were developed for technical 
applications by Beall et al. 12 The composition of the base glasses are character¬ 
ized by the alkali-fluoroboro-silicate system. Grossman 13 formed special tetra- 
silicic-mica in alkali-fluorosilicate glasses. The glass-ceramic implants known as 
Dicor® have been used for dental restorations. Typical chemical compositions of 
BIOVERIT-type glass-ceramics are shown in Tables 16.1-16.3, with the range of 
possible chemical compositions given. Example 1 of BIOVERIT I (Table 16.1) is 
a mica-apatite glass-ceramic with special fluorophlogopite mica crystals (Na/K 
Mg 3 (AlSi 3 O 10 )F 2 ). Example 2 demonstrates a mica-apatite glass-ceramic with 


Table 16.1. Composition of BIOVERIT I. 



Weight Percent 


Composition Range 

Example 1 

Example 2 

Si0 2 

29.5-50 

30.5 

38.7 

MgO 

6-28 

14.8 

27.7 

CaO 

13-28 

14.4 

10.4 

Na 2 0/K 2 0 

5.5-9.5 

2.3/5.8 

0/6.8 

A1 2 0 3 

0-19.5 

15.9 

1.4 

F 

2.5-7 

4.9 

4.9 

P 2 °5 

8-18 

11.4 

8.2 

Ti0 2 

additions 

- 

1.9 
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Table 16.2. Composition of BIOVERIT II. 



Weight Percent 

Composition Range 

Example 1 

Si0 2 

43-50 

44.5 

A1 2 0 3 

26-30 

29.9 

MgO 

11-15 

11.8 

Na 2 0/K 2 0 

7-10.5 

4.4/4.9 

F 

3.3-I.8 

4.2 

Cl 

0.01-0.6 

0.1 

CaO 

0.1-3 

0.2 

P 2 0 5 

0.15 

0.2 


Table 16.3. Composition of BIOVERIT HI. 


Weight Percentage 

Composition 

P 2 0 5 

45-55 

A1 2 0 2 

6-18 

CaO 

13-19 

Na 2 0 

11-18 

Me0/Me 2 0 3 /Me0 2 


(MnO,CoO,NiO,FeO, 


Fe 2 0 3 ,Cr 2 0 3 ,Zr0 2 ) 

1.5-10 


tetrasilicic mica crystals. The formation of these crystals was possible by heat 
treating the base glass compositions at temperatures between 610 and 1050°C. 
The controlled crystallization takes place via phase separation of the base glass. 7-9 

BIOVERIT II (Table 16.2) is a glass-ceramic consisting of a new type of 
curved mica of fluorophlogopite-type. A second crystal phase has also been pre¬ 
cipitated in the glass. The basis for the nucleation and crystallization is also the 
phase separation of the glasses which has been caused by Na 2 0-, K 2 0- and 
F-additions to the glass. 

BIOVERIT III is a pure phosphate glass which does not contain silica. 
During the development of BIOVERIT III as a biomaterial, a new way for the 
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control of the crystallization in phosphate glasses was found. 10 It starts from 
phosphate invert glasses of the P 2 0 5 -Al 2 0 3 -Ca0-Na 2 0 system, the structure of 
which is formed only by mono- and diphosphate units. Doping with a suitable 
nucleation agent, e.g. iron oxide or Zr0 2 , leads to a supersaturation of the glass 
with this component in a certain concentration range. This supersaturation is 
reduced by a subsequent thermal treatment, which results in the precipitation of 
a primary crystal phase in the glass. In this case this phase may be an Na-Ca-Fe- 
phosphate of the varulite-type. Crystal nuclei have developed which initiate the 
precipitation of the actual main crystal phase apatite, A1P0 4 , in various modifica¬ 
tions and specific complex phosphate structures. 

The BIOVERIT III glass-ceramic, which is Si0 2 -free and is bioactive (i.e. 
the material can bond to living bone), is a material containing the following 
phases: apatite, A1P0 4 , (berlinite), and complex phosphate structures. 11 


16.3. PROPERTIES 

Characteristic properties of BIOVERIT I, II, and III are shown in 
Tables 16.4—16.6. It is possible to control the properties by the chemical 
composition and the content of the crystals in the glass matrix. 

BIOVERIT I and II are machinable glass-ceramics; these biomaterials are 
workable with standard metal tools and instruments. They can also be easily 
modified during surgical procedures. The workability of the biomaterial depends 
on the mica content as well as the morphology of the glass-ceramic, e.g. a glass- 
ceramic with high mica content has excellent machinability, thus the workability 
of BIOVERIT II is better than that of BIOVERIT I. The content of the crystals 


Table 16.4. Properties of BIOVERIT I Glass-Ceramic. 


Density 

2.8 

g/cm 3 

Linear thermal expansion coefficient 
(20-400°C) 

8-12-10- 6 

m/mK 

Bending strength 

140-180 

MPa 

Fracture toughness, K lc 

1.2-2.1 

MPa-m 1/2 

Young’s modulus 

70-88 

GPa 

Compressive strength 

500 

MPa 

Vickers hardness, HV 10 

5000 

MPa 

Hydrolytic class (DIN 12111) 

2-3 
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Table 16.5. Properties of BIOVERIT II Glass-Ceramic. 


Density 

2.5 

g/cm 3 

Linear thermal expansion coefficient 
(20-400°C) 

7.5-KT 6 

m/mK 

Bending strength 

90-140 

Mpa 

Fracture toughness, K 1C 

1.2-1.8 

MPa-m 1 ' 2 

Young’s modulus 

70 

GPa 

Compressive strength 

150 

MPa 

Vickers hardness 

up to 8000 

Mpa 

Hydrolytic class (DIN 12111) 

1-2 


Roughness (after polishing) 

0.1 

pm 


Table 16.6. Properties of BIOVERIT III Glass-Ceramic. 


Density 

2.7-2.9 

g/cm 3 

Linear thermal expansion coefficient 
(20-400°C) 

14-18.10 -6 

m/mK 

Bending strength 

60-90 

MPa 

Fracture toughness, K 1C 

0.6 

MPa-m lc 

Young’s modulus 

45 

GPa 

Hydrolytic class (DIN 12111) 

2-3 



within the glass-ceramic is also responsible for the translucency of the material. 
A higher content of crystals gives a lower translucency than a lower crystal con¬ 
tent. Color can be controlled by adding special pigments, namely the oxides NiO, 
Cr 2 0 3 , Mn0 2 , FeO, Fe 2 0 3 , and others in small amounts to the base glass of the 
glass ceramic. 

The translucency and color of the materials are important in dental appli¬ 
cations. Mechanical properties, such as bending strength and fracture toughness, 
of BIOVERIT I and II allow them to be used as biomaterials for bone substitution 
(Tables 16.4 and 16.5). 

The mechanical properties of BIOVERIT III (primarily bending strength) 
are lower than those of mica glass-ceramics. But their thermal properties make 
them suitable for the preparation of composites with certain metals, especially the 
Co-Cr-Mo alloys widely used in implantology. All these glass-ceramics 
(BIOVERIT I, II, III) have good chemical properties (hydrolytic stability). 
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16.4. SURFACE CHEMISTRY 

Electron microscopic investigations show the surface of the BIOVERIT 
glass-ceramics at a high magnification. BIOVERIT I (Fig. 16.1) contains apatite 
crystals with a diameter of about 1-2 pm and large mica crystals embedded in the 
glassy matrix. 

BIOVERIT II (Fig. 16.2) shows a special type of curved mica crystal. This 
type of crystal does not exist in nature; it is only formed in glasses. The mica 
crystals are spherical in shape and the cordierite crystals are precipitated between 
the mica platelets. 

The crystals of apatite and AlP0 4 -type of BIOVERIT III are shown in 
Fig. 16.3. It was also possible to precipitate berlinite-type AlP0 4 -crystals, which 
show piezoelectric properties. Other complex phosphate crystals can grow in the 
glass-ceramics. 

Reactions on the surface of the biomaterials are studied in vitro. Glass- 
ceramic BIOVERIT I was kept for one week in Ringer’s solution. Figure 16.4b 



Figure 16.1. Scanning electron micrograph (SEM) of BIOVERIT I. Mica (phlogopite) 
and apatite crystals were precipitated in the glass matrix (surface hydrofluoric acid (HF) 
etched). 
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Figure 16.3. BIOVERIT III contains apatite, AIP0 4 -crystals, and other “complex” 
phosphates (TEM replica, hydrogen chloride (HCl)-etched). 
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Figure 16.4. TEM/replica micrograph of BIOVERIT I: a) untreated specimen; b) speci¬ 
men after one week in Ringer’s solution. 



Figure 16.5. Eluation of ions from BIOVERIT I, n, and m (T = 37°C, pH = 7.4, sample 3 g, 
grain size: 160-315 pm 100 ml tris-buffer solution). 


compared with Fig. 16.4a shows more prominent crystals due to solubility of 
the glassy phase. Solubility of alkali ions and magnesium ions from BIOVERIT 
I and II was found in tris-buffer-solution (Fig. 16.5). This indicates an ion 
exchange between the glass-ceramics and simulated body fluid. High resolution 
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measurements by SIMS show a tendency for phosphate group enrichment at the 
surface of BIOVERITI glass-ceramics, in addition to the phosphate contained in 
the original apatite crystals. 


16.5. TISSUE RESPONSE 

Results of in vivo tests of BIOVERIT I show that one year after opera¬ 
tion, the reaction interface between bone (tibia of guinea pig) and glass-ceramic 
implants is less than 15 pm. Figure 16.6a and 16.6b show a very good bonding 
of glass-ceramic and bone. Apatite is the main crystal phase of the glass- 
ceramic; in addition, the Ca 2+ and phosphate ion content is higher in the reaction 
zone than in the glass-ceramic. Leaching of alkali ions occurs to a depth of 
about 5 pm. Optical microscopic investigations (histology) and the calculated 
bone connection (Fig. 16.6) show a bioactive behavior of BIOVERIT I glass- 
ceramic in comparison to alumina implants. These results of bone connection of 
BIOVERIT I and A1,0 3 can be compared directly because of the experimental 
model. The shearing strength of the implant-bone boundary has been deter¬ 
mined by measuring the mechanical force necessary to push out the implant of 
BIOVERIT I. The value of about 2.3 MPa found for glass-ceramic implants was 
on average eight times greater than for alumina implants, measured for compari¬ 
son in the same model. The surface of the implants after push-out tests was 
determined by SEM. A typical surface is demonstrated in Fig. 16.7, in 



Figure 16.6a. The interface between BIOVERIT I and bone one year after operation 
(SEM). 
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Figure 16.6b. The interface between BIOVERIT I and bone one year after operation 
(electron microprobe). 


comparison to Fig. 16.4a, which shows the surface of an untreated BIOVERIT I 
glass-ceramic. These studies show the very small solubility of the glassy phase 
of the glass-ceramic, of less than 0.5 pm. The apatite and mica crystals are 
directly deposited at the surface of the biomaterial. The black parts of the pho¬ 
tograph, where the crystals are not clearly visible, are bone which has remained 
adherent to the surface of the glass-ceramic. The process of bioactivity is com¬ 
plex. It includes the reaction of the apatite, shown by dense hydroxyapatite 
implants, new apatite formation, ion transport and surface activity, the role of 
Si0 2 , as described by Hench, 12 and biomechanical factors. Animal experiments 
with BIOVERIT III implants showed good bioactive behavior of the implants. 
Biocompatibility has been tested and good bonding without intervening tissue 
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Figure 16.7. BIOVERIT I after pull out test, eight weeks after implantation in tibia of 
guinea pig (TEM/replica). 


was obtained. BIOVERIT II is a biocompatible glass-ceramic with lower bioac¬ 
tivity. Animal experiments demonstrated that bonding occurs without causing 
any adverse reactions and that the biocompatible implant can be covered with 
epithelium. 


16.6. CLINICAL APPLICATIONS 

BIOVERIT I and II can be used as biomaterials for bone substitution. 
More than 850 implants have been successfully used in clinical cases in the 
following fields: 14-16 

• Orthopedic surgery (especially different types of spacers). 

• Head and neck surgery (especially middle ear implants). 

• Stomatology (especially tooth root and veneer laminates). 

Orthopedic surgery: 

• Reconstruction of the root of the acetabulum in a dislocated hip at the 
dysplasic stage (pericapsular iliumosteotomy according to Pemperton). 

• Ligament fixation in capsule-ligament plastic surgery of the knee joint. 

• Osteotomy of the tibial head and augmentation of the tibial plateau. 

• Partial replacement of vertebrae in the dorsal part of the spine. 
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• Ventral spondylodesis in the cervical vertebrae, according to Robinson. 

• Distraction osteotomy for maintaining of space. 

• Plastic surgery of the shoulder joint, according to Eden and Hybinette. 

• Substitution of vertebrae. 

Head and neck surgery: 

• Collumellization in tympanoplasty. 

• Augmentation of the stapes. 

• Reconstruction of the posterior wall of the auditory canal. 

• Reconstruction of the skull base. 

• Maintenance of the base of the orbit. 

• Construction of the anterior wall of the frontal sinus. 

• Rhinoplasty. 

Figure 16.8 shows spacers of BIOVERIT I for treating recurrent disloca¬ 
tions of the shoulder by the Eden-Hybinette operation and Fig. 16.9 shows 
middle ear implants of BIOVERIT II. 



Figure 16.8. BIOVERIT I spacers for treating recurrent dislocation of the shoulder by 
an Eden-Hybinette operation. 
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Figure 16.9. Middle-ear implants of BIOVERIT II that have been shaped by the 
surgeon. 
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Chapter 17 

HYDROXYAPATITES 

Racquel Z. LeGeros and John R LeGeros 


17.1. INTRODUCTION 

The first successful repair of a bony defect using a calcium phosphate 
reagent, described as “triple calcium phosphate compound” was reported by 
Albee in 1920. 1 A half a century later, Levitt et al. in 1969 2 and Monroe et al. 
in 1971 3 described a method of preparing a ceramic apatite from mineral 
fluorapatite, Ca 10 (PO 4 ) 6 F 2 , and suggested the possible use of this apatite ceramic 
in dental and medical applications. Clark et al. 4 and Hubbard 5 described 
methods of preparing calcium phosphate ceramics by sintering commercially- 
available calcium phosphate reagents, described as “tri-calcium phosphate 
tribasic”. Nery et al. 6 in 1975 reported the first clinical application of Hubbard’s 
preparation (they described it as “tri-calcium phosphate” or TCP ceramic). 
However, X-ray diffraction (XRD) analysis of this “TCP ceramic” showed it to 
consist of a mixture of beta-tri-calcium phosphate ((3-TCP, Ca 3 (P0 4 ) 6 ) and 
hydroxyapatite (HA, Ca 10 (PO 4 ) 6 (OH) 2 ). 7 Consequently, Nery proposed that such 
mixtures be described as biphasic calcium phosphates (BCP). 8,9 

In the mid-1970s, three groups, Jarcho et al. in the US, 10-12 de Groot 
et al , 13 ' 14 and Denissen 15 in Europe and Aoki et al. in Japan, 1617 simultaneously but 
independently worked towards the development and commercialization of 
hydroxyapatite (HA) — more accurately, calcium hydroxyapatite - as a biomate¬ 
rial for bone repair, augmentation and substitution. This was probably based on 
the rationale that the bone mineral has been described as “hydroxyapatite” 1819 and 
the observation reported in the early 1970s by Hench of a “chemical bonding” of 
bone with a bioactive glass ceramic through a calcium phosphate-rich layer. 20 

Currently, apatite-based commercial bioceramics for bone repair include 
sintered (HA) and unsintered (HAp) apatite preparations, apatites derived from 
marine algae, coral or from bovine bone and composites of polymer and apatite 
(Table 17.1.). 7 ’ 21-24 

This chapter provides a brief review of the preparation and general proper¬ 
ties of pure hydroxyapatite (HA), synthetic unsubstituted and substituted apatites 
(HAp) and biological apatites, as well as cell and tissue responses to and clinical 
applications of apatite bioceramics. The reader is also referred to other reviews 
on the subject. 23-26 
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Table 17.1. Commercial HA and HAp Bioceramics. 
Derived from marine algae 
Algipore® (Friadent, Germany) 

Coral derived apatite 

Interpore®200, ProOsteon®200, ProOsteon®500 (Interpore Int, CA) 
Bovine bone apatite (unsintered) 

BioOss ® (EdGeitslich, Switzerland) 

Bovine bone apatite (sintered) 

Endobon ® (Merck, Germany) 

Ostograf-N (Ceramed, CO) 

Trubone ® (Japan) 

Synthetic HA (sintered) 

Calcitite ® (Calcitek, CA) 

Osteograj ® (Ceramed, CO) 

Bioroc ® (DePuy-Bioland, France) 

Apaceram™ (Pentax Corp., Tokyo) 

Synthetic HAP (unsintered) 

Osteogen ® (Impladent, NY) 

Ostim ® (Germany) 

HA composites 

HA/polyethylene, HAPEX® (Gyrus, TN) 

CHA/collagen, Healos™ (Orquest Inc., CA) 

HA/CaS0 4 , Hapsef (Lifecore, MN) 


17.2. GENERAL STRUCTURE AND PROPERTIES 
OF CALCIUM HYDROXYAPATITE 

The term “apatite” describes a family of compounds having similar struc¬ 
tures but not necessarily having identical compositions. Hence, apatite is a 
description of a structure and not of a composition. Hydroxyapatite (HA), 
specifically calcium hydroxyapatite, is a compound of a definite composition, 
Ca 10 (PO 4 ) 6 (OH) 2 , and a definite crystallographic structure. The structure of HA, 
showing the exact atomic positions in the crystal, was determined by Beevers and 
Mcintyre from a mineral apatite 27 and later refined by Kay et al. 19 and Young and 
Elliott 28 from a synthetic HA. 
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Figure 17.1. The atomic arrangement of calcium hydroxyapatite, Ca 10 (PO 4 ) 6 (OH) 2 , in a 
hexagonal unit cell. The OH ions located in the comers of the unit-cell are surrounded by 
two groups of Ca(II) atoms arranged in triangle positions at z = 0.25 and at 0.75, two 
groups of P0 4 tetrahedra also arranged in triangle positions and by a hexagonal array of 
Ca(I) atoms at the outermost distance (courtesy of Prof. R. Young 28 ). 


Calcium hydroxyapatite belongs to the hexagonal system with a space 
group, P63/m. This space group is characterized by a six-fold c-axis perpendicu¬ 
lar to three equivalent a-axes (a p a 2 , a 3 ) at angles 120° to each other. The smallest 
building unit, known as the unit cell, contains a complete representation of the 
apatite crystal, consisting of Ca, P0 4 , and OH groups closely packed together in 
an arrangement, shown in Fig. 17.1. 28 

The ten calcium atoms belong to either Ca (I) or Ca(II) subsets depending 
on their environment. Four calcium atoms occupy the Ca (I) positions: two at 
levels z = 0 and two at z = 0.5. Six calcium atoms occupy the Ca (II) positions: 
one group of three calcium atoms describing a triangle located at z = 0.25, the 
other group of three at z = 0.75, surrounding the OH groups located at the comers 
of the unit cell at z = 0.25 and z = 0.75, respectively (Fig. 17.2). The six phos¬ 
phate (P0 4 ) tetrahedral ions are in a helical arrangement from levels z = 0.25 to 
z = 0.75. The network of P0 4 groups provides the skeletal framework which 
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Figure 17.2. The effect of two types of carbonate substitution on the a-axis dimensions 
of synthetic apatites. Type A, C0 3 -for-OH substitution, Ca 10 (PO 4 ) 6 CO 3 , causes an expan¬ 
sion in the a- and contraction in the c-axis dimensions. 29,30 Type B, C0 3 -for-P0 4 , coupled 
with Na-for-Ca substitution, (Ca,Na) 10 (PO 4 ,CO 3 ) 6 (OH) 2 , causes an expansion in the a- and 
contraction in the c-axis dimensions compared to the a- and c-axis dimensions of unsub¬ 
stituted HA. 29,36,37 


gives the apatite structure its stability. The oxygen of the phosphate groups are 
described as one O r one O n , and two O m . The atomic arrangements of F-apatite, 
Ca 10 (PO 4 ) 6 F 2 , and of Cl-apatite, Ca 10 (PO 4 ) 6 Cl„ in which fluoride (F) and chloride 
(Cl), respectively, substituted for the OH groups in the apatite structure, are simi¬ 
lar. The F or Cl atoms substituted for OH differ in the respective position of the 
OH for which they substitute. The O-H, F and Cl atoms lie along the c-axis at the 
center of the Ca (II) triangles, as described by Young and Elliott. 28 

The apatite structure, idealized as Ca 10 (PO 4 ) 6 (OH) 2 , is a very hospitable 
one, allowing the substitutions of many other ions without significantly changing 
the hexagonal symmetry. For example, in apatites prepared from solutions, some 
cations, e.g., Sr 2+ , Ba 2+ , Pb 2+ ions, can fully substitute for calcium (Ca 2+ ), while 
other ions, e.g., Mg 2+ , Zn 2+ , Mn 2+ , or K + , are incorporated only to a very limited 
extent; sulfates, vanadates, borates and acid phosphate (HPQ 4 _) can substitute for 
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(P0 4 ) 3- ; and F~, Cl - or Br ions can substitute for (OH - ). 29-32 Complete F-for-OH 
substitution is easily achieved, while Cl-for-OH substitution is restricted in apa¬ 
tites prepared from solutions, but full substitution is obtained when prepared by 
solid-state reaction. 28,29 However, Elliott and Young 28 showed that complete 
Cl-for-OH substitution causes the loss of hexagonal symmetry and leads to 
monoclinic symmetry because of the alternating positions of the Cl atoms and an 
enlargement of the cell in the b direction. 

Substitutions in the apatite structure result in changes in properties: e.g., 
lattice parameters, morphology, crystallinity (reflecting crystal size and/or strain) 
and solubility (Tables 17.2 and 17.3). For example, F-for-OH substitution causes 
a contraction in the a-axis dimensions without changing the c-axis, is usually 
associated with an increase in the crystallinity (reflecting increase in crystal size 
and/or decrease in crystal strain) and imparts greater stability to the struc- 
ture. 23 ' 25,28 ' 29 Increased stability is reflected in the observation that F-substituted 
apatites are less soluble than F-free synthetic and biological apatites. 29,32,33 

Carbonate, C0 3 , can substitute either for the hydroxyl (OH) or the phos¬ 
phate (P0 4 ) groups, designated as Type A for C0 3 -for-OH 34,35 or Type B for C0 3 - 
for-P0 4 29,36,37 substitutions. These two types of substitution have opposite effects 
on the lattice parameters, a-axis and c-axis dimensions (Fig. 17.2 and Table 17.2). 
In the case of Type A, the substitution of larger planar C0 3 groups for smaller 
linear OH groups causes an expansion in the a-axis and contraction in the c-axis 
dimensions. 29,34,35 While for Type B, the substitution of smaller planar C0 3 groups 
for a larger tetrahedral P0 4 groups cause a contraction in the a-axis and expansion 
in the c-axis dimensions compared to the C0 3 -free apatites. 29,36,37 Differences in 
infrared spectral properties were also observed. 29,35,38 LeGeros and coworkers 
demonstrated that the coupled C0 3 -for-P0 4 and Na-for-Ca substitution cause 
changes in the size and shape of the apatite crystal, from acicular crystals to rods 
to equi-axed crystals with increasing carbonate content (Fig. 17.3), 29,37,39,40 and in 
dissolution properties the C0 3 -substituted apatite is more soluble than C0 3 -free 
synthetic apatites. 41 

Differences in lattice parameters between substituted and unsubstituted 
HA reflect the size and the amount of the substituting ions (Tables 17.2 and 
17.3). 29 Various substitutions in the apatite, besides those of F- or Cl-for-OH, or 
C0 3 -for-OH, or C0 3 -for-P0 4 mentioned above, also affect properties, e.g., crys¬ 
tallinity (Table 17.3), thermal stability and dissolution properties or solubility of 
the apatite crystals. Sr-for-Ca or Mg-for-Ca substitution cause an increase in the 
extent of dissolution of the apatite. 29,42,43 When simultaneously present, the sub¬ 
stituents in the apatite structure can have synergistic or antagonistic effects on the 
properties of the apatite. For example, magnesium and carbonate have synergistic 
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Table 17.2. Lattice Parameters of Mineral, Synthetic and Biological Apatites. 


Apatite 

Major 

Substituent* 

Lattice 

Parameters 

(+0.003A) 

Mineral 




OH Apatite (Holly Springs) 

- 

9.422 

6.880 

F-apatite (Durango, Mex) 

F 

9.375 

6.880 

Dahllite (Wyoming) 

co 3 

9.380 

6.885 

Staffelite (Staffel, Germany) 

C ° 3 F 

9.345 

6.880 

Marine phosphorite (w.USA) 

c ° 3 F 

9.322 

6.882 

Synthetic (non-aqueous) a 




OH-apatite 

- 

9.441 

6.882 

F-apatite 

F 

9.375 

6.880 

Cl-apatite 

Cl 

9.646 

6.771 

C0 3 apatite 

co 3 

9.544 

6.859 

Synthetic (aqueous) 0 




OH-apatite (Ca-deficient) 

hpo 4 ** 

9.438 

6.882 

F-apatite 

F 

9.382 

6.880 

(Cl,OH)-apatite 

Cl** 

9.515 

6.858 

C0 3 -OH-apatite 

co 3 ** 

9.298 

6.924 

C0 3 -F-apatite 

C0 3 **, F 

9.268 

6.924 

Sr-apatite 

Sr 

9.739 

6.913 

Pb-apatite 

Pb 

9.894 

7.422 

Ba-apatite 

Ba 

10.162 

7.722 

Biological 




C0 3 -OH-apatite (human enamel) 

hpo 4 , Cl, 

9.441 

6.882 


C0 3 , Mg 



F-apatite (shark enameloid) 

F, C0 3 , 

9.382 

6.880 


hpo 4 




Table based upon LeGeros. 29 

‘Prepared at high temperature (1,000°C) by solid-state diffusion. 34 ' 35 

b Prepared at 100°C either by precipitation or by hydrolysis methods. 29 ' 3637 Biological apatites. 29,40 
information not reprinted from LeGeros. 29 

“Maximum incorporation in case of Cl" is less than one mole; in the case of C0 3 it is three moles; 
in cases of HP0 4 it is unknown. In these cases the substitutions are: F- or Cl-for-OH; C0 3 -for OH 
(Type 1); C0 3 -for P0 4 coupled with Na-for-Ca (Type B); HP0 4 - for P0 4 ; Sr, Pb or Ba-for-Ca. 
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(a) (b) (d) 


Figure 17.3. Electron micrographs of C0 3 -apatite crystals obtained by the conversion of 
CaHP0 4 in solution containing increasing concentration of carbonate ions. Carbonate 
incorporation causes changes in crystal sizes and shape. Carbonate content: (a) 2.5 wt%; 
(b) 4.5 wt%; (c) 15.2 wt%; (d) 17.25 wt%. Magnification 40,000X. Apatite crystals change 
in morphology from acicular to rods to equi-axed crystals with increasing carbonate 
incorporation. 29,36 ' 37,39 


effects on the crystallinity (Table 17.2) and dissolution properties of synthetic 
apatites; magnesium and fluoride or carbonate and fluoride have antagonistic 
effects, the fluoride effect being the more dominant one. 29,41,43,44 

A comprehensive understanding of both the individual and combined 
effects of substituents in the structure on the properties of apatite is important to 
the development of substituted HA, as new hiomaterials lead to an improved 
understanding of the interaction between bone mineral and the HA materials 
presently used for bone repair, augmentation, substitution and coatings of metal 
dental and orthopedic implants. 

17.3. BIOLOGICAL APATITES 

Biological apatites, which comprise the mineral phases of calcified tissues 
(enamel, dentin, bone) and of some pathological calcifications (e.g., human den¬ 
tal calculi, salivary and urinary stones), are usually referred to as calcium 
hydroxyapatite, HA, 18,19 meaning Ca 10 (PO 4 ) 6 (OH) 2 . Actually, the biological 
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Table 17.3. Qualitative Effects of Some Substituents for Ca 2+ , P0 4 3+ or OH in 
Ca 10 (PO 4 ) 6 (OH) 2 on Lattice Parameters and Crystallinity of Apatites. 


Substituent 

Ionic Rad(A)* 

Lattice 

Parametersa-axii 

(+003A) 

c-axis 

Crystallinity 

for Calcium, Ca2+ 

0.99 

9.438 

6.882 


Strontium, Sr 2 * 

1.12 

(+) 

(+) 

(nc) 

Barium, Ba 2+ 

1.34 

(+) 

(+) 

(-) 

Lead, Pb2+ 

1.20 

(+) 

(+) 

(-) 

Potassium, K + 

1.33 

(nc) 

(nc) 

(nc) 

Sodium, Na + 

0.97 

(nc) 

(nc) 

(nc) 

Lithium, Li + 

0.68 

(nc) 

(nc) 

(nc) 

Magnesium, Mg2+ 

0.66 

( _)** 

(-)** 

(-)** 

Cadmium, Cd2+ 

0.97 

(-) 

(-) 

(-) 

Manganese, Mn2+ 

0.80 

(-) 

(-) 

(-) 

Zinc, Zn2+ 

0.74 

(+)** 

(+)** 

(-)** 

Aluminum, A13+ 

0.51 

(+) 

(+) 

(-) 

for OH 

Fluoride, F 

1.36 

(-) 

(nc) 

(+) 

Chloride, CL 

1.81 

(+) 

(-) 

(nc) 

for POX 

Carbonate, C032- 


(-) 

(+) 

(-) 

hpo 4 2 - 


(+) 

(nc) 

(nc) 


Table based upon LeGeros. 29 

* R.C. Weast, R.C. (ed.) (1988). Handbook of Chemistry of Physics, 68th Ed, CRC 
Press, Boca Raton, FL. (+) increase, (-) decrease, (nc) no change, 

**TCP formed in addition to AP. If prepared at temperatures below 60°C, C0 3 , P 2 0 7 , 
Mg, A1 and Zn when present at a critical concentration in solution cause the formation 
of amorphous calcium phosphate (ACP). 29,45 


apatites differ from pure HA in stoichiometry, composition, crystallinity (crystal 
size), dissolution and in other physical and mechanical properties (Fig. 17.4 and 
Table 17.4). 29 ' 40 ’ 46 Biological apatites are usually calcium-deficient (i.e., Ca/P ratio 
less than the stoichiometric ratio of 1.67 for pure HA) and are always carbonate 
substituted. It is therefore more appropriate that biological apatites be referred to 
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Figure 17.4(a). XRD patterns of human enamel, dentin and bone apatite, showing sig¬ 
nificantly larger crystals of enamel apatite compared to those of bone or dentin. 


as carbonate apatite or carbonate-substituted apatite and not as hydroxyapatite or 

HA. 29 ’ 40 ’ 47 

The carbonate in biological apatites substitutes primarily for the phosphate 
groups in a coupled manner, i.e., C0 3 -for-P0 4 (referred to as a Type B substitu¬ 
tion) coupled with Na-for-Ca substitution. 29,40 The coupled substitution is neces¬ 
sary to balance charges for the substitution of C0 3 (divalent) for P0 4 (trivalent) 
ions. Biological apatites of enameloids of some species of fish or of shark enam- 
eloid are substituted with F and C0 3 . 29 Other minor elements, e.g., sodium (Na + ), 
magnesium (Mg 2+ ), potassium (K + ), acid phosphate (HP0 4 ) 2 “, chloride (Cl - ) and 
fluoride (F - ) and some trace elements (e.g., Sr 24 , Zn 2+ etc.) are associated with 
biological apatites and may be substituents in the apatite structure, as described 
below: 


(Ca,M) 10 (PO 4 ,CO 3 ,Y) 6 (OH,F,Cl) 2 , (17.1) 


where M represents other minor (e.g., Mg + , Na + , K + etc.) and trace elements (e.g., 
Sr 2+ , Zn 2+ , Mn 2+ ) substituting for Ca 2+ and Y represents acid phosphate, FIP0 4 2- , 
sulfates, manganates, vanadates etc substituting for (P0 4 ) 3- . Some of these minor 
and trace elements may be surface- rather than lattice-bound 48 Lattice-bound 
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Frequency 


Figure 17.4(b). Fourier transform infrared (FTIR) spectra of human enamel, dentin and 
bone apatite, showing the presence of carbonate, C0 3 (C-0), phosphate, P0 4 (P-0) and 
hydroxyl, OH (O-H), groups. 


elements will contribute to changes in lattice parameters; surface elements will 
not, but contribute to changes in crystal properties. 

The biological apatites of enamel differ from those of dentin or bone in 
crystallinity (mostly reflecting crystal size) and in the concentration of the minor 
elements, principally carbonate and magnesium ions (Fig. 17.4 and Table 17.4). 
Enamel apatites contain the least amount of carbonate and magnesium and have 
the largest crystal size compared to either dentin or bone apatites (Table 17.4). 
In terms of dissolution properties, enamel apatite is less soluble than dentin or 
bone (Fig 17.4c) but much more soluble than dense HA, which is prepared at 
high temperatures (Fig. 17.5). The difference in crystal size and in dissolution 
properties among enamel, dentin and bone may be attributed in part to the differ¬ 
ences in the carbonate and magnesium concentrations. 29 ' 40 Incorporation of either 
magnesium or carbonate ions has been shown to cause a decrease in crystallinity 
(Table 17.3) and an increase in the extent of dissolution of synthetic apatites. 29 
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lilt (MS) 


Figure 17.4(c). Comparative dissolution (0.1M KAc, pH 6, 37°C) of human enamel, 
dentin and bone apatite, showing much lower solubility of enamel apatite compared to 
bone or dentin apatite. 

Sintering enamel, bone or dentine apatite results in changes in crystal 
morphology, crystal size, lattice parameters and composition (Table 17.4). 29,40 
Sintering enamel and dentin apatites above 800°C results in the formation of HA 
and small amounts of (3-TCP (about 5 wt% and about 12 wt% in sintered enamel 
and dentin, respectively). The (3-TCP phase is magnesium-substituted as deter¬ 
mined from lattice parameters and chemical analyses and is therefore sometimes 
referred to as (3-TCMP 29,40 Sintering human bone apatite above 800°C gives 
mainly HA and minor amounts of CaO (Table 17.4). Compositional changes in 
biological apatites include the loss of CO s as CO, and the formation of 
Mg-substituted (3-TCP phase. The formation of the (3-TCP after heat treatment of 
enamel and dentin and calcium-deficient synthetic apatites is attributed to the 
HP0 4 2_ content of the apatite before sintering. 33,35 

Sintered animal bones result in the formation of (3-TCP (Mg-substituted) 
or CaO, depending on the age and species of the animals. 29 


17.4. PREPARATION OF HYDROXYAPATITE 

HA can be prepared as dense or as macroporous forms, with pores as large 
as 500 pm. Dense HA is described as having a maximum microporosity of 5% 
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Table 17.4. Comparative Composition, Crystallographic and Mechanical Properties of 
Human Enamel, Bone and Hydroxyapatite (HA) Ceramic. 



Enamel 

Bone 

HA 

Constituents (wt %): 

Calcium, Ca2+ 

36.0 

24.5 

39.6 

Phosphorus, P 

17.7 

11.5 

18.5 

(Ca/P) molar 

1.62 

1.65 

1.67 

Sodium, Na + 

0.5 

0.7 

tr 

Potassium, K + 

0.08 

0.03 

tr 

Magnesium, Mg2+ 

0.44 

0.55 

tr 

Carbonate, C0 3 2 + 

3.2 

5.8 


Fluoride, F“ 

0.01 

0.02 


Chloride, CL 

0.30 

0.10 


Ash (total inorganic) 

97.0 

65.0 

100 

Total organic 

1.0 

25.0 


Absorbed H20* 

1.5 

9.7 


Trace elements: Sr 2 *, Pb 2+ ,Ba2+, 
Fe3+, Zn2+,Cu2+, etc. 

Crystallographic properties 

Lattice parameters (+/- 0.003A) 

9.441 

9.419 

9.422 

c-axis 

6.882 

6.880 

6.880 

Crystallinity index(**) 

70-75 

33-37 

100 

Crystallite size, A 

1300 x 300A 

250 x 25-50 


Products after sintering (950°C) 

HA + TCP 

HA + CaO 

HA 

Mechanical properties 

Elastic modulus (106 MPa) 

0.014 

0.020* 

0.01 

Tensile strength (MPa) 

70 

150* 

100 


Table based upon LeGeros. 29 
*Values for cortical bone. 13 
“Information reprinted from LeGeros. 29 
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Figure 17.5. XRD patterns of human bone before (a) and after heat treatment at 400°C 
(b), 700°C (c) and 950°C (d), showing increase in crystal size as a result of heat treatment. 
Heat treatment at 400°C resulted in the removal of the organic phase which constitutes 
about 35 wt% of the bone. 

by volume, with the micropores measuring about 1 |4m in diameter and consisting 
of crystals with size exceeding 2000 A. 13,15 

Preparation of dense HA consists of the following steps: preparing the apa¬ 
tite (HAP) powder or using commercially available apatite reagents; compacting 
or compressing into a desired size and shape under high pressure; and sintering. 
The different steps are described below. 
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17.4.1. Preparation of HAP 

Pure HA can be obtained from reactions in hydrothermal systems or from 
solid-state reactions. However, when prepared from aqueous systems, either by 
precipitation or hydrolysis methods, the apatite obtained is usually calcium- 
deficient (i.e., the Ca/P molar ratio is lower than the stoichiometric value of 1.67 
for pure HA). When the precipitation reaction is carried out under very basic 
conditions, the precipitate will contain carbonate, which will make the Ca/P 
molar ratio higher than the stoichiometric value. Unsintered hydroxyapatite 
preparations will be referred to as HAP. 

17.4.1.1. Precipitation methods 

The apatite preparation methods commonly used in commercial prepara¬ 
tions were based on the method of Rathje and of Hayek and Newesely. 49 ' 50 
Rathje’s method consisted of drop-wise addition of phosphoric acid, H 3 P0 4 , to a 
stirring suspension of calcium hydroxide, Ca(OH) 2 , in water (Reaction 17.2): 

10Ca(OH) 2 + 3H 3 (P0 4 ) 2 -a Ca 10 (PO 4 ) 6 (OH) 2 . (17.2) 

Apatite(HAP) 

This method is modified by the addition of ammonium hydroxide, 
NH 4 OH, to keep the pH of the reaction very alkaline, to insure the formation of 
HA after sintering the apatite (HAP) precipitate. 16 Hayek and Newesely’s 
method 50 consisted of the reaction between calcium nitrate, Ca(N0 3 ) 2 , and ammo¬ 
nium phosphate, (NH 4 ) 2 HP0 4 , with added NH 4 OH (Reaction 17.3): 

10Ca(NO 3 ) 2 + 6(NH 4 ) 2 HP0 4 + 2NH 4 OH —> Apatite (HAP). (17.3) 

This method is sensitive to the concentrations of each of the reactants and 
the pH of the reaction for the formation of HA upon sintering of the apatite pre¬ 
cipitate. 51 Calcium acetate, Ca(CH 3 COO) 2 , instead of calcium chloride or nitrate 
is recommended as the calcium source in precipitation reactions because the 
acetate ions will not be incorporated into the apatite, 36 unlike nitrate or chloride 
ions which may. The temperature of precipitation ranges from room temperature 
(about 24°C) to boiling (95-100°C). The concentration of calcium can be 
adjusted if substitution for calcium (e.g., strontium, magnesium, manganese etc.) 
in the apatite is desired. Similarly, the phosphate concentration can be adjusted 
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and replaced with carbonate if carbonate apatite is desired. Other ions, e.g., vana¬ 
date, borate, manganate etc., can be similarly added, replacing part of the phos¬ 
phate component. 29 Fluoride- or chloride-substituted apatite can be prepared by 
the addition of F“ or Cl“ ions in the reaction. 29,37 

The precipitation method, like the hydrolysis method, usually results in 
calcium-deficient apatite, which causes the formation of (3-TCP with HA upon 
sintering above 800°C. 29,51-53 If the reaction, either precipitation or hydrolysis, is 
carried out under very basic pH, the Ca/P approaches the stoichiometric value or 
exceeds it, depending on the formation of carbonate-apatite before sintering. In 
this paper, the designation “apatite” (HAP) indicates that the product is not a stoi¬ 
chiometric HA with a Ca/P molar ratio of 1.67. 

17.4.1.2. Hydrolysis method 

Apatite (AP) can also be prepared by the hydrolysis of acid calcium phos¬ 
phates, e.g., dicalcium phosphate dihydrate, DCPD, CaHP0 4 -2H 2 0, octacalcium 
phosphate, OCP, Ca g H 2 (P0 4 ) 6 -5H 2 0 or monetite, dicalcium phosphate anhydrous, 
DCP, CaHP0 4 , in ammonium, sodium or potassium hydroxide carbonate, fluoride 
or chloride solutions, depending on the desired composition of the apatite. 29,37 
Calcium carbonate, CaC0 3 , can also be hydrolyzed to apatite in ammonium or 
sodium phosphate solutions or to F-apatite in fluoride-containing solutions, a- or 
(3-TCP, tetra-calcium phosphate (TTCP) and amorphous calcium phosphate (ACP) 
of special composition can also easily hydrolyzed to calcium-deficient apatite. 

Commercially-available calcium phosphate reagents (labeled or mis¬ 
labeled as “calcium phosphate, tribasic” or “calcium hydroxyapatite”) are used as 
the apatite powder, with or without the addition of appropriate amounts of CaC0 3 , 
Ca(OH) 2 or CaO 13-15 to make the apatite or apatitic reagent less calcium-deficient 
and thus minimize the formation of (3-TCP phases upon sintering. 

Apatites prepared from aqueous systems by precipitation or hydrolysis 
are usually calcium-deficient and HP0 4 _-enriched, as shown by the expanded 
a-axis dimensions compared to mineral or ceramic HA (Table 17.2) and the 
formation of a (3-TCP phase upon heat treatment above 800°C. 29,32,52,53 
Commercially-available calcium phosphate reagents labeled as “calcium phos¬ 
phate tribasic” are sometimes mixed phases of apatitic calcium phosphate and 
monetite (Fig. 17.6a); reagents labeled as “spheroidal hydroxyapatite” were 
shown by XRD analysis to consist mostly of (3-TCP mixed with small amounts 
of HA and not HA (Fig. 17.6b). 52 

All preparations, commercial or non-commercial, must be characterized 
using XRD, infrared spectroscopy and chemical analyses (for calcium and 
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(b) 


(a) 



30 




"Calcium Phosphate, Tribasic, CaiglOH flPOM' 
(different lot numbers, same manufacturer) 


Figure 17.6(a). XRD patterns of commercially available apatitereagents from different 
manufacturers, labeled “calcium phosphate phosphate tribasic” or “calcium hydroxyapatite”, 
showing apatitic calcium phosphate with poor crystallinity, some mixed with another cal¬ 
cium phosphate phase, CaHP0 4 , dicalcium phosphate anhydrous or monetite (M). 

phosphate concentrations) before use in the preparation of dense HA. This is 
important since apatite preparations after sintering above 800°C can produce 
materials consisting of intimate mixtures of (3-TCP and HA of varying (3-TCP/ 
HA ratios. 7 Some dense or macroporous biphasic calcium phosphates (BCP) are 
intentionally prepared with the desired (1-TCP/HA ratio. 9 

17.4.1.3. Solid-state reactions 

HA can also be prepared by solid-state reactions as follows: 


6CaHP0 4 + 4 Ca(OH) 2 -> 
Monetite 


Ca 10 (PO 4 ) 6 (OH) 2 + 6 H 2 0 , (17.4) 

HA 


3Ca 3 (P0 4 ) 2 + Ca(OH) 2 -A Ca 10 (PO 4 ) 6 (OH) 2 + H 2 0 . 


P-TCP 


HA 


(17.5) 
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Figure 17.6(b). XRD patterns of commercial reagents labeled as “spheroidal hydroxy¬ 
apatite” from the same manufacturer but different lot numbers, showing that the reagents 
are not hydroxyapatite but beta-tricalcium phosphate, P-TCP, in one lot (a) and P-TCP 
mixed with small amounts of HA in the other (b). 

The mixed calcium compounds are compressed and sintered above 950°C. 
Substituted apatites (e.g., Sr for Ca, F or Cl for OH) can also be prepared 
by adding appropriate compounds. 

17.4.1.4. Hydrothermal reactions 

The above reactions can also be carried out hydrothermally at 275°C, 
under steam pressure of 12,000 psi. 29 In addition, P-TCP, Ca 3 (P0 4 ) 2 and tetra- 
calcium phosphate (TTCP), Ca 4 P 2 O s or Ca 4 (P0 4 ) 2 0, can be easily converted to 
HA hydrothermally under these conditions. 
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Calcium carbonate, CaC0 3 , (as calcite or aragonite) in the presence of the 
appropriate amounts of CaHP0 4 (monetite) can be transformed to HA as 
follows: 


4CaC0 3 + 6CaHP0 4 —> Ca 10 (PO 4 ) 6 (OH) 2 + 6H 2 0 + 4C0 2 . (17.6) 

HA 

Coralline HA (HA from coral) is prepared by the hydrothermal conversion 
of coral (CaC0 3 ) in the presence of ammonium phosphate. 21 Carbonate- 
substituted apatite can be prepared by the hydrothermal conversion of 
a-TCP in the presence (NH 4 ) 2 C0 3 . 54 

10CaCO 3 + 6(NH 4 ) 2 -a Ca 10 (PO 4 ) 6 (OH) 2 + H 2 0 + C0 2 . (17.7) 

17.4.2. Preparation of Dense or Macroporous HA 

The apatite powder prepared according to any of the methods described in 
the previous section can be made into either of two forms: dense or macroporous. 
As mentioned earlier, dense HA is described as having porosity of less than 5 % by 
volume. Dense HA may also be described as microporous. The microporosity is 
unintentionally introduced and is dependent on the temperature and duration of 
sintering. For dense HA, the maximum pore size is less than 1 pm in diameter. 1315 

Macroporosity, on the other hand, can be deliberately introduced by 
mixing the powder with a volatile component, e.g., hydrogen peroxide or naph¬ 
thalene, then evaporating the volatile component at low temperature, about 80°C, 
before sintering. 513 Macroporosity can also be a property of the original material, 
such as bone or coral, which is maintained during the conversion to apatite. 
Microporosity is affected by sintering temperature; the higher the temperature the 
lower the percentage of microporosity. 

Apatite powder is compressed or compacted into a mold at a pressure of 
60-80 MPa. The powder may be mixed with a binder, e.g., 1 wt% cornstarch and 
water, 16 stearic acid in alcohol 15 or low molecular weight hydrocarbons 55 applied 
to the die as a lubricant. The compressed body can be sintered in air (conventional 
method) at the desired temperature, usually 950-1,300°C, heating at the rate of 
about 100°C per hour and holding at the maximum temperature for several hours 
before cooling at the same rate as the heating rate. 

Hot-pressing techniques are also used, in which heat and pressure are 
simultaneously and continuously applied. This procedure allows densification 
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Figure 17.7(a). XRD pattern of powdered dense HA prepared by precipitation and sub¬ 
sequent sintering, showing the presence of only the HA phase. The crystallinity, reflecting 
crystal size, is comparable to that of mineral HA (Holly Springs, GA). 


? 



Figure 17.7(b). Infrared spectroscopy (IR) absorption spectrum of the same material as 
in (A), showing the characteristic absorption bands of O-H and P-0 and reflecting the 
vibrations of the OH and P0 4 groups in the calcium hydroxyapatite, CA I0 (PO 4 ) 6 (OH) 2 . 
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to take place at a much lower temperature than in the conventional sintering 
process (e.g., 900°C vs 1,300°C). The lower temperature of densification 
prevents the formation of other calcium phosphate phases, e.g., a- and (3-TCP, 
TTCP, which usually form when HA is sintered at temperatures above 900°C. 13 
The disadvantage of this technique is the expensive equipment required and the 
limited geometry of the end product. Another method of compressing is by 
hot-isostatic pressing (HIP), where materials are compressed by gaseous pres¬ 
sures at high temperatures. This process results in greater density and higher 
compressive strength than the conventional method (uniaxial pressing) of 
compacting. 

Using the above methods, dense HA is prepared in tooth forms or in 
blocks. Particulates in irregular or spherical shapes are obtained by milling and 
rolling the compacted and sintered blocks. The block form is carved to prepare 
middle ear implants. 56 

17.5. COMPOSITION OF DENSE HA 

Pure HA, Ca 10 (PO 4 ) 6 (OH) 2 , has the theoretical composition of 39.68 wt% 
Ca, 18.45 wt% P, Ca/P wt ratio of 2.151 and Ca/P molar ratio of 1.667. Dense 
HA materials, commercial or non-commercial, vary in Ca/P ratios, reflecting the 
(3-TCP/HA ratios in the sintered material which in turn reflect the purity 
(whether consisting of only the apatite phase or mixed with other CaP phases) 
and/or composition or calcium deficiency of the apatite preparation before sin¬ 
tering. If the Ca/P is 1.67, only HA will be observed in the XRD (Fig. 17.8a) 
and infrared spectrum (Fig. 17.8b); if the Ca/P is lower than 1.67, (3-TCP and 
other phases such as tetracalcium phosphate (TTCP), Ca 4 P 2 0 9 or Ca 4 (P0 4 ),0 
will be present with the HA phase in the sintered material, depending on the 
temperature and condition of sintering. If Ca/P is higher than 1.67, CaO will be 
present with the HA phase. In addition, there will be minor and trace elements 
from the original reagents used to prepare the apatite powder. Some of the com¬ 
mercial and non-commercial dense HA materials contain up to 10 wt% (3-TCP 
mixed with HA. 15 In addition, impurities in the reagents (e.g., in H 3 P0 4 ) can 
cause the sintered HA to change color (e.g., from white to blue). According to 
ASTM designation: F 1185-88,1990 Annual Book of ASTM Standards, Section 
13, the acceptable composition for commercial HA is a minimum of 95% HA, 
as established by XRD analyses, and the acceptable concentration of trace ele¬ 
ments is limited (maximum ppm) as follows: As = 3; Cd = 5; Hg = 5; Pb = 30; 
total heavy metals (as lead) = 50. The HA is to be associated with less than 5 
wt% 13-TCP. 57 
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Figure 17.8. Transmission electron microscopy (TEM) of HA crystals sintered at 950°C, 
showing the presence of characteristic lattice defects (courtesy of Dr. G. Daculsi). 59 


The purity, composition and particle size of the apatite preparation before 
sintering, the sintering temperature and conditions (e.g., with or without water 
pressure present) also affect the type and amount of other calcium phosphate 
phases and/or other calcium compounds which will be present with the HA phase. 
Many of the interrelationships of these factors are described by the phase diagrams 
of de Groot et al. n Reported sintering temperatures for commercial and non¬ 
commercial HA range from 950 to 1,500°C. In this temperature range, the follow¬ 
ing calcium phosphates can form with or without the additional calcium oxide 
phase: (3-TCP, a-TCP (resulting from the transformation of (3-TCP at temperatures 
above 1,300°C), TTCP and oxyapatite according to the reaction outlined below: 

“Apatite” preparation (HAP) -» Ca 3 (P0 4 ) 6 (0H) 2 + Ca 3 (P0 4 ) 2 , (17.8) 

Ca-deficient apatite >900°C HA (3-TCP 

(3-TCP -a a-TCP, (17.9) 

>1,100°C 

Ca 10 (PO 4 ) 6 (OH) 2 2Ca 3 (P0 4 ) 2 + Ca 4 (P0 4 ) 2 0, (17.10) 

HA >1,300°C a-TCP TTCP 
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Ca 3 (P0 4 ) 2 + CaO —> Ca 4 (P0 4 ) 2 0. (17.11) 

P-TCP >1,400°C TTCP 

Apatite prepared from highly alkaline solution in the presence of air may 
often contain C0 3 and can form CaO and HA upon sintering above 900°C. TTCP 
can also result from the reaction between P-TCP and CaO. Sintering with water 
vapor pressure of about 500 mm Hg minimizes the formation of the other CaP 
phases (P- and a-TCP, TTCP) and HA will be the more stable phase. 58 Thus the 
Ca/P molar ratio of the apatite preparation, the sintering temperature and condi¬ 
tions determine the final composition of the dense HA. Comparisons of Ca/P 
molar ratios of several commercial HA ceramics reported values ranging from 
1.57 to 1.70. 

The composition of dense HA is appropriately determined by using 
XRD, infrared spectroscopy (IR) and chemical analyses. XRD determines the 
purity (whether single or multiphasic); the crystallinity of the HA phase; the 
approximate ratios of the other phases (e.g., a- and P-TCP or TTCP or CaO 
with the HA phase); and the lattice parameters of the HA and other phases. 
Infrared spectroscopy gives information to support XRD data to detect addi¬ 
tional phases, indicate relative crystallinities and provide evidence of substitu¬ 
ents (e.g., C0 3 , F). 

The combined XRD, IR and chemical analyses will provide information 
on the presence of substituents in the HA and P-TCP structures. 

17.6. PROPERTIES 

17.6.1. Crystallographic Properties 

Powdered HA (from dense or macroporous forms) gives an XRD pattern 
characterized by diffraction peaks with small line broadening, P 3/ „ and high 
intensities (Fig. 17.7a), indicating a high degree of crystallinity (large crystals), 
similar to mineral OH apatite (Holly Springs, GA). The lattice parameters 
(a- and c-axis dimensions) are 9.422 and 6.881 + 0.003A, similar to mineral HA 
(Table 17.4 compared to Table 17.2). Other crystalline phases, e.g., a-TCP, 
P-TCP, TTCP and CaO, can be detected with XRD when present above 1 wt%. 
IR absorption spectrum (Fig. 17.7b) shows the characteristic O-H and P-O 
absorption bands representing the vibrations of the OH and P0 4 groups, respec¬ 
tively, in the HA, Ca 10 (PO 4 ) 6 (OH) 2 . Ceramic HA crystals are large and assume 
rhombic shapes compared to the much smaller acicular apatite crystals before 
sintering. 32 
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Daculsi et al. reported for the first time the presence of hexagonal paral¬ 
lelepiped (void type) lattice defects in addition to other defect structure in crystals 
of ceramic HA sintered at 950°C (Fig. 17.8) but not in those prepared at 
1,250°C. 59 It may be logical to assume that the differences in the amount and 
types of lattice defects could cause differences in reactivity in vivo\ the material 
with more lattice defects would be expected to be more reactive than the material 
with fewer lattice defects. This could explain the observations reported by Niwa 
et al. 60 that, in vivo, HA sintered at lower temperatures (700°C) were more reac¬ 
tive than those sintered at higher temperatures (950°C). HA crystals with more 
lattice defects would be expected to be more reactive than the material with fewer 
lattice defects. 


17.6.2. Mechanical Properties 

The properties of the apatite powder and the compression and sintering 
conditions influence the mechanical properties of the dense HA. Several mechan¬ 
ical properties (compressive strength etc.) were shown to decrease with the 
increasing amount of microporosity. 15 The density, grain size, compressive, flex¬ 
ural, torsional and dynamic torsional strengths and moduli of elasticity in com¬ 
pression and bending increased with sintering temperature from 1,150°C to 
1,350°C. 16 ' 55 The fracture toughness for HA ceramic sintered at 1,100-1,150°C 
increased but no significant change was observed for HA ceramic sintered at 
1,050-1,250°C. At sintering temperatures above 1,250°C, the fracture toughness 
drops down to a value lower than the value obtained for HA sintered at 1,100°C. 
In addition, the presence of (3-TCP also causes a decrease in fracture toughness. 16 
The difference in values of mechanical properties has also been attributed to 
differences in the preparation of apatite powder. The difference in preparation 
methods causes difference in grain size (small grain size tends to give greater 
fracture toughness) and in composition. 

The various mechanical properties of dense HA are several times greater 
than those of cortical bone, dentin or enamel (Table 17.5). 

de Groot et al. reported that the flexural strength and fracture toughness of 
dense HA are much less in a dry than in a wet condition. 58 The Weibull factor, n, 
which describes the resistance of a material to fatigue failure, is 50 for HA in a 
dry environment and 12 in a wet physiological implant bed. Implants with values 
of n = 10-20 are expected to fail in several months of clinical use. This property 
makes dense HA ceramic an unsuitable material for load-bearing situations, in 
spite of its good biocompatibility and osteoconductivity. 58 
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Table 17.5. Comparative Mechanical Properties of Dense HA and Human Enamel. 


Properties 

HA (1) 

HA (2) 

Enamel 

Color 

blue 

white 


Compressive strength 

410 + 75 

430 + 95 

270 

MN/m 2 

Tensile strength 

39 + 4 

38 + 4 

70 

MN/m 2 

Vickers hardness 

4500 

4500 

3400 

MN/m 2 

Density 

97% 

99.9% 

80% 

Starting powder 

Commercial reagent 

Precipitated 


Preparation 

Compressing and 
sintering 

Compressing and 
sintering 


Modulus of elasticity 

1.1 - 1.3 x 10 4 

1.1 - 1.3 X 10 4 

1.4 x 10 4 

MN/m 2 

Impact strength 

0.18 

0.16 


MN/m 2 

Bending momentum 

2.8 + 0.2 

3.1+ 0.3 



Denissen et a /. 15 


17.6.3. Dissolution Properties 

In vitro dissolution of HA depends on the type and concentration of the 
buffered or unbuffered solutions, pH of the solution, degree of saturation of the 
solution, solid/solution ratio, the length of suspension in the solutions and the 
composition and crystallinity (reflecting crystal size and strain) of the HA. 33 ' 41,61 
In the case of ceramic HA, the degree of micro- and macroporosities, defect 
structure and the amount and type of other phases present also have significant 
influence. Comparative XRD patterns (Fig. 17.10a) and dissolution (Fig. 17.10b) 
of different commercial HA bioceramics reflect their preparation method. For 
example, bovine-derived HA (unsintered) and unsintered HAP is more soluble 
than sintered ceramic HA (Fig. 17.10b). For an HA ceramic containing other 
calcium phosphate phases, the extent of dissolution will be affected by the type 
and amount of the non-HA phases. The extent of dissolution decreases in the 
following order: 


ACP > > TTCP > > ot-TCP > > [3-TCP > > HA 


(17.12) 
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Figure 17.9. Solubility diagrams of different calcium phosphate (CaP) compounds 46 
(courtesy of Dr. W. Brown, NIST). Some of these Ca-P compounds are associated with the 
preparation of HA biomaterial (e.g., |3-TCP, TTCP) and others with the possible 
dissolution, precipitation and transformation of the HA biomaterials in vivo. 


17.7. SURFACE CHEMISTRY 

The surface chemistry of HA ceramic will depend on the composition 
of the ceramic and on the composition and pH of the solution in the micro¬ 
environment. An acid environment will cause partial dissolution of the surface, 
enriching the population of Ca 2+ , H 2 P0 4 ", HP0 4 2- , P0 4 3- , H + , OH - and ion pairs 
such as CaH 2 P0 4 + and CaOH +62 in a hydrated layer. Biological apatites have also 
been described as having a hydrated layer with ions reflecting the composition of 
the bone mineral and the biological fluid. 48 In vivo, electrolytes from the bio¬ 
logical fluids will also be part of the surface chemistry and will contribute to the 
development of surface charges on the HA implant. 46,62-64 The surface charges will 
influence cellular interactions at the interface. 62,64 Ducheyne et al. reported that 
the absolute values of zeta potential measured were higher for the unsintered and 
Ca-deficient apatite compared with those of ceramic and stoichiometric HA and 
suggested that these values affect the cellular activities involved in bone forma¬ 
tion. 62 In addition, proteins will adsorb on modified HA surfaces, 65 a phenomenon 
well known in the use of apatite for column chromatography. 66 The relationship 
of specific functional groups of amino acids to the formation of biological 
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Diffraction Angle (Two-theta) 

Figure 17.10(a). XRD patterns of commercial HA bioceramics, (a) Calcitite ® (synthetic 
HA,sintered); (b) Interpore ® (coralline HA, coral hydrothermally converted to HA); 
(c) BioOss ® (derived from bovine bone, unsintered); and (d) Osteogen ® (synthetic apatite, 
unsintered). 


apatites and eventual mineralization has been strongly suggested in studies on 
mineral-organic matrix interactions. 67 ' 68 

17.7.1. Formation of Carbonate-Apatite Crystals on HA Surfaces 
In Vitro and In Vivo: Dissolution/Precipitation Processes 

Microcrystals observed on the surface of ceramic HA after implantation in 
bony sites 71-73 were identified also as apatite by selective electron diffraction with 
transmission electron microscopy (TEM). 69-71 Similar observations were made on 
the surfaces of crystals of ceramic HA, coralline HA and biphasic calcium phos¬ 
phate (BCP), after suspension in cell culture or in serum 72-74 and after implanta¬ 
tion in non-bony sites 75 and in bony sites. 78 These microcrystals (Fig. 17.11a) 
sometimes appear to exhibit epitaxial growth on the HA ceramic crystals 
(Fig. 17.lib). The difference in structures between the HA ceramic and the 
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Figure 17.10(b). Comparative dissolution in acidic buffer (0.1M KAc, pH 6, 37°C) of 
commercial HA bioceramics, (a) Calcitite ® and (c) Bioroc ® are both sintered synthetic HA; 
(b) Interpore ® is coral-derived (CaC0 3 hydrothermally converted to HA); (d) Osteogen ® is 
unsintered apatite (HAP); and (e) BioOss ® is bovine bone apatite (unsintered). 


microcrystals were also confirmed by TEM images (Fig. 17.12). In addition, IR 
spectroscopy has helped to identify these crystals as carbonate-apatite (Fig. 17.13), 
intimately associated with an organic matrix (Figs. 17.13 and 17.14). 75 Bone 
apatite crystals, like other biological apatites, are carbonate apatite and are also 
intimately associated with an organic matrix. 29 

The formation of these microcrystals of C0 3 -apatite is believed to be a 
dissolution-precipitation processes (shown schematically in Fig. 17.15). 76 ' 77 The 
partial dissolution of the calcium phosphate material, HA, is initiated by the acid 
condition which results from cellular activity, causing the release of Ca + , HP0 4 2_ 
and P0 4 3- and increasing the supersaturation of the microenvironment with 
respect to calcium phosphate phases which are stable at the pH in this environ¬ 
ment. DCPD, CaHP0 4 .2H 2 0, octacalcium phosphate, OCP, Ca 8 H,(P0 4 ) 6 .5H 2 0, 
which can form under acid conditions or Mg-substituted (3-TCP, (Ca,Mg) 3 (P0 4 ) 2 , 
or whitlockite, which can form under either acid or basic conditions, can hydro¬ 
lyze in the presence of C0 3 2- in the biological fluid to C0 3 -apatite. 29,76,77 
Alternatively, or in addition, C0 3 -apatite can form directly at physiological pH, 
using the calcium and phosphate ions released from partially dissolving ceramic 
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Figure 17.11(a). TEM of dense HA particles after four months implantation in human 
periodontal pockets. Undecalcified ultrathin section from the implant surface. 
Magnification, x 100,000 showing the presence of microcrystals (arrow) on the surfaces 
of the much larger HA crystals (c). 


HA and from the biological fluids which contain other electrolytes, notably C0 3 2- 
and Mg 2+ . These ions become incorporated in the new C0 3 -apatite, microcrystals 
forming on the surfaces of the much larger crystals of the ceramic HA 
(Fig. 17.11a). The C0 3 -apatite can also form by precipitation, deduced from the 
observed uptake of calcium ions from serum 73 or seeded growth on the ceramic 
HA crystals. However, cell-induced resorption or dissolution of the HA or BCP 
(J3-TCP and HA) crystals is frequently observed in vitro and in vivo. 72 ' 74 ' 76 ' 77 

The formation of C0 3 -apatite has also been seen in vitro and in vivo on 
surfaces of bioactive glasses and glass ceramics. 78 (See Chapters 3 and 13-16). In 
studies on biphasic calcium phosphate (BCP) materials consisting of different 
(3-TCP/HA ratios, it was observed that the abundance of the C0 3 -apatite micro¬ 
crystals on the surfaces of the large BCP crystals was influenced by the (3-TCP/ 
HA ratio: the higher the ratio, the greater the abundance of the C0 3 -apatite 
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Figure 17.11(b). TEM of dense HA particles after two months implantation in human 
periodontal pocket, showing epitaxial growth of the new crystals on the HA ceramic crys¬ 
tals. Magnification, x 1,350,000. 


microcrystals. This was thought to be due to the higher dissolution properties of 
the fi-TCP component of the BCP causing an increase in the concentration of the 
calcium and phosphate ions in the microenvironment, leading to the precipitation 
of the C0 3 -apatite. 76 Reactions on material surfaces, including the formation of 
C0 3 -apatite, may be important in establishing the strong “bonding zone” at the 
bone-material interface unique to bioactive materials. 


17.8. TISSUE RESPONSE 
17.8.1. Cellular Interaction with HA 

HA surfaces appear to be biocompatible with several cell types, such as 
macrophages, fibroblasts, osteoclasts, osteoblasts, and periodontal ligament 
cells. 72 ’ 74,79 ' 80 The favorable response in terms of cell attachment and cell prolifera¬ 
tion (Fig. 17.16a) of different types of cells to dense HA and other bioactive 
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Figure 17.12. Electron diffraction of (c) large crystals of HA ceramic; (b) the microcrys¬ 
tals; and (a) bone apatite crystals. The rings on (c) correspond to the 111 and 002 apatite 
lattice plane; those in (a) and (b) correspond to the (300) plane of apatite (in collaboration 
with Dr. G. Daculsi). 76 


materials has been demonstrated in many studies, such as those cited above. The 
cells cause the dissolution of the HA ceramic crystals intracellularly by phagocy¬ 
tosis (Fig. 17.16b) or extracellularly by producing an acid environment, 81 which 
causes the partial dissolution of the HA ceramic crystals. The HA material allows 
the proliferation of fibroblasts, osteoblasts and other bone cells. 72 ' 74,79,80 The cells 
do not seem to distinguish between HA and bone surfaces, which indicates a 
significant similarity in the surface chemistry. However, in vitro cell response is 
affected by the composition of the apatites. 82-84 For example, osteoclastic activity 
(i.e., resorption) was observed to be greater on carbonate-substituted apatite 
compared to that on fluoride-substituted apatite, 83 and osteoclastic activity 
(expression of bone markers) was greater on F-substituted compared to F-free 
apatites. 84 

17.8.2. Osteoconductive Properties 

HA, like other calcium phosphate biomaterials, is osteoconductive but not 
osteoinductive. 10,13 An osteoconductive material allows the formation of bone on 
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Figure 17.13. Infrared (IR) absorption spectra of BCP (p-TCP/HA, 15/85) material 
before (a) and after implantation in surgically-created dental defects (in collaboration 
with Drs. E. Nery and K. Lynch). IR spectra of materials obtained from the core (b), the 
implant surface (c), and from an area in the bone furthest away from the implant (d), 
show increasing intensities of the N-H (related to the organic phase) and of the C-0 
(related to the C0 3 in the C0 3 -apatite) absorption bands. In addition, the intensity of the 
O-H (related to the OH groups in HA material before implantation) shown in (a) become 
unresolved in materials in (b) and (c) and become more similar to the bone apatite (d). 78 
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Figure 17.14. Thermogravimetric analyses (TGA) of dense HA (a) before implanta¬ 
tion; and of implants recovered after (b) 60, (c) 180, and (d) 365 days from non- 
osseous sites in hamster. The weight loss below 400°C is due to the loss of adsorbed 
water and organic phases and above 500°C due to loss of carbonate from the C0 3 - 
apatite (lost as C0 2 ). 75 



Figure 17.15. Schematic representation of the dissolution/precipitation processes 
involved in the in vivo formation of C0 3 -apatite on surfaces of CaP (e.g., HA) implant 
materials. 


its surface by serving as a scaffold or a template (Fig. 17.17). In the case of 
bioactive glasses and glass ceramics, and calcium phosphate materials such as 
dense HA, their role is not a passive one but participatory, contributing to the 
formation of the C0 3 -apatite on surfaces and promoting the adhesion of matrix- 
producing cells and organic molecules as a result of surface chemistry and sur¬ 
face charges. 
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Figure 17.16(b). TEM showing (a) phagocytosed HA crystals and (b) the dissolution of 
HA crystals. 77 

17.8.3. Osteoinductive Properties 

The ability of bone to repair or regenerate itself is due to the bone morpho¬ 
genetic proteins (BMPs) and osteogenic proteins (e.g., collagen, osteonectin, 
osteopontin and bone sialoprotein) present in the extracellular matrix. 85 86 Calcium 
phosphate bioceramics (HA, fi-TCP) are bioactive (directly bonds with bone) and 
osteoconductive, but inherently not osteoinductive. 87 However, osteoinductive 
properties (ability to form bone in non-bony sites) have been reported for HA and 
BCP. 88-90 This phenomenon has been attributed to specific combinations of 
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macro- and microporosities that allow the entrapment of circulating BMPs. The 
calcium phosphate bioceramics can also be made osteoinductive by incorporating 
BMPs or other osteogenic proteins. 88,89 ' 91 

17.8.4. Bone-HA Interface 

The type of bonding at the material-bone interface depends on the nature 
of the material. 75,94,95 The interfacial strength between bone and implant biomate¬ 
rial, as determined from push-out tests, is much greater for the bioactive implant 
materials (e.g., Bioglass® and HA) compared to other materials, such as titanium, 
zirconia or alumina (Table 17.6). 95 In the case of bioactive materials, the fracture 
occurs either in the material or the bone but not at the interface; in the case of 
inert materials, the separation occurs at the interface. 95 This phenomenon is attrib¬ 
uted to the “bonding osteogenesis” occurring at the interface between bone and 
the bioactive materials, which does not occur with non-bioactive materials. 94 This 
interface has been referred to as the “bonding zone”, described as being electron- 
dense, consisting of mineralized organic meshwork. Greater interfacial strength 
was also observed with metal implants coated with plasma-sprayed HA than 
those without. 96,97 The description of the bone-HA interface depends on the ana¬ 
lytical methods used in studying the interface. Light microscope studies and low 
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Table 17.6. Comparative Properties of Biomaterials. 


Materials 

Fracture 

Strength 

Bone Contact 

Fracture 

Bioglass®* 

28.9 MPa 

92.9% 

Cohesive 

Hdroxyapatite* 

19.6 MPa 

95.4% 

Cohesive 

Titanium** 

1.9 MPa 

59.5% 

Interfacial 

Zirconia** 

1.3 MPa 

33.3% 

Interfacial 


Fracture strengths per unit area after 24 weeks. 

* Bioactive materials 

** Non-bioactive materials (Niki et al . s5 ) 


resolution scanning electron microscopy (SEM) showed intimate contact between 
the bone and the HA implant surface (Fig. 17.18a). High resolution TEM of the 
HA-bone interface showed the presence of highly mineralized collagen in the 
vicinity of the large HA ceramic crystals, which are associated with much smaller 
crystals of C0 3 -apatites. Electron microprobe analyses showed that the relation¬ 
ship between the calcium and phosphorus concentrations was not significantly 
different when scanning from the implant (HA) to the interface to the hone 
regions (Fig. 17.18b). 

Histological examination showed that dense HA particles used during the 
initial periodontal period of wound healing were followed by resorption in some 
areas and also by osteoid bone formation without intervening fibrous 
tissue. 9,10,13 ' 60 


17.8.5. Events in the Formation of “Bone-Bonded” Interface 

The following events are proposed as responsible for the formation of the 

strong interface between bone and a bioactive material: 78,79 

• acidification of the microenvironment due to the cellular action on the bioac¬ 
tive material; 

• dissolution/precipitation processes resulting in the formation of C0 3 -apatite 
intimately associated with an organic matrix similar to bone apatite; 

• production of adhesive proteins and collagen fibrils containing extracellular 
matrix; 
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Figure 17.18(a). SEM of the interface between dense HA ceramic implant and bone 
(magnification X 300). 



Figure 17.18(b). Electron microprobe analyses showing calcium (Ca) and phosphate 
(p) concentrations on the regions of the implant, interface and bone (magnification X 
2100) (courtesy of Dr. H. Dennissen). 


simultaneous mineralization of the collagen fibrils and incorporation of the 
C0 3 -apatite crystals (originating from the material) in the remodeling new 
hone; and 
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Figure 17.19. HA scaffold with varying macroporosity, prepared using “Direct Write” 
3D technology. Printing green state ceramics using colloidal inks (Robocasting) (courtesy 
ofDr.J. Ricci (NYU)). 99 


interdigitation of the mineralized collagen between the host bone and the 
bioactive ceramic surfaces and within the pores provides the interfacial 
strength. 


17.9. CLINICAL APPLICATIONS 

Dense HA as tooth forms has been used as immediate tooth root replace¬ 
ments to minimize the alveolar ridge resorption which follows tooth loss and 
to maintain ridge width and height. 13,16 ' 65 Dense or macroporous HA and unsin¬ 
tered HA (Table 17.1) in block and particulate forms are used in the 
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Figure 17.20(a). XRD of coatings on dental implant prepared by plasma-spraying dense 
HA particles on titanium substrate. The coating composition in the order of increasing 
relative concentration is: (1) HA with crystallinity lower than starting material (A); (2) 
amorphous calcium phosphate; and (3) a- and (3-TCP of poor crystallinity. Other coatings 
also contain small amounts of TTCP. 22,130 
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Diffraction Angle 


Figure 17.20(b). XRD of coating prepared as in Fig. 17.20a, showing composition gra¬ 
dient from the layer closer to the metal substrate (b) to the coating surface (c). The dense 
HA material used for plasma spraying is shown in (a). 


augmentation of alveolar ridge for better denture fit 11 ' 66 - 67 or in the repair of 
bone defects in dental and orthopedic applications, 10 ' 59,68,72 maxillofacial recon¬ 
struction, 98 as a filler in association with placing of metal implants or for repair 
of failing metal dental implants (Fig. 17.19 is an example of a new generation 
of engineered porous HA scaffolds), 11,99 as a filler in composites or cements, 26 
middle-ear implants 11 ' 57 and percutaneous devices. 100 Dense HA has also been 
used as target materials for plasma-sprayed or ion-sputtered coatings for com¬ 
mercial dental (Fig. 17.20) and orthopedic implants. HA and HAP have also 
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been used as scaffolds in tissue regeneration, 101 in drug delivery, 102 gene ther¬ 
apy 103 , and as bioreactors. 104 


17.9.1. Coatings on Dental and Orthopedic Implants 

Dense HA particles are plasma-sprayed on commercial dental and ortho¬ 
pedic metal implants to combine the strength of the metal and the bioactivity 
and osteoconductivity of the HA. These coated implants are described as 
“HA-coated”. However, X-ray diffraction analysis of plasma-sprayed coupons 
or implants shows that the coating may differ significantly in crystallinity (i.e., 
per cent of crystalline phases vs. non-crystalline phases and crystallinity of the 
HA phase) and in composition from that of the dense HA ceramic used as the 
source material for plasma-spraying (Fig. 17.21a). The plasma-sprayed HA 
coating is not homogeneous, consisting principally of HA and amorphous cal¬ 
cium phosphate (ACP) in varying HA/ACP ratios and small amounts of a-TCP, 



Figure 17.21. (a) Hip-implant partially coated with precipitated apatite; (b) SEM image 

of the coating; (c) XRD pattern of the coating showing apatite diffraction peaks (courtesy 
of Mr. F. Dimaano, Stryker-Orthopedics). 
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(3-TCP, TTCP and CaO. 33 ’ 105 - 106 It was also observed that the coating composi¬ 
tion of the layer closer to the metal substrate tends to contain more ACP than 
the outermost layer of the coating (Fig. 17.21b). Since different calcium phos¬ 
phate phases have different solubilities (Fig. 17.9), it is possible that the stabil¬ 
ity of the coating, and therefore of the implant, will depend on the composition 
of the coating. 

Alternatives to the plasma-spray method are electrochemical 107 or 
chemical 108 deposition (or biomimetic) methods of depositing apatite coating 
on dental or orthopedic implants. These methods use much lower temperatures 
(37 to 80°C) and provide a homogeneous composition of the coating. See 
Chapters 20 and 21 for additional details on the science and technology of HA 
coatings. 


ACKNOWLEDGEMENTS 

The work involving the authors cited in this paper was supported in part 
by research grants from NIH nos DE 07223, DE 04123 and S07RR076226. The 
authors gratefully acknowledge the collaboration of Drs. Guy Daculsi (University 
of Nantes, France), Monique Heughebaert (University of Toulouse, France) 
and Regina Kijkowska (Technical University, Krakow, Poland) in some of the 
work cited. 


REFERENCES 

1. Albee, F.H. (1920). Studies in Bone Growth. Triple Calcium Phosphate as 
a Stimulus to Osteogenesis, Ann. Surg., 71, 32-36. 

2. Levitt, G.E., Crayton, P.H., Monroe, E.A. et al. (1969). Forming Methods 
for Apatite Prosthesis, J. Biomed. Mater. Res., 3, 683-685. 

3. Monroe, Z.A., Votawa, W., Bass, D.B. et al. (1971). New Calcium 
Phosphate Ceramic Material for Bone and Tooth Implants, J. Dent. Res., 
50, 860-862. 

4. Clark, W.J., Driskell, T.D., Hassler, C.R., et al. (1973). Calcium Phosphate 
Resorbable Ceramics, a Potential Alternative to Bone Grafting, IADR Prog. 
&Abst„ 52, Abstr. #259. 

5. Hubbard, W. (1974). Physiological Calcium Phosphate as Orthopedic 
Implant Material (PhD Thesis, Marquette University). 


270 


An Introduction to Bioceramics 2nd Edition 


6. Nery, E.B., Lynch, K.L, Hirthe, W.M. et al. (1975). Bioceramic Implants in 
Surgically Produced Infrabony Defects, J. Periodont., 46, 328-339. 

7. LeGeros, R.Z. (1988). Calcium Phosphate Materials in Restorative 
Dentistry: A Review, Adv. Dent. Res., 2, 164-183. 

8. Ellinger, R.F., Nery, E.B. and Lynch, K.L. (1986). Histological Assessment 
of Periodontal Osseous Defects Following Implantation of Hydroxyapatite 
and Biphasic Calcium Phosphate Ceramics. A Case Report, Int. J. Perio. 
Restor. Dent., 3, 223-233. 

9. Nery, E., LeGeros, R.Z. and Lynch, K.L. (1992). Tissue Response to 
Biphasic Calcium Phosphate Ceramic with Different Ratios of Biphasic 
Calcium Phosphate Ceramic with Different Ratios of HA/TCP in 
Periodontal Osseous Defects, J. Periodontal., 63, 729-735. 

10. Jarcho, M. (1976). Hydroxylapatite Synthesis and Characterization Forms, 
J. Mater. Set, 11, 2027-2035. 

11. Jarcho, M. (1981). Calcium Phosphate Ceramics as Hard Tissue Prosthetics, 
Clin. Orthopaed., 157, 259-278. 

12. Jarcho, M., Bolen, C.H., Thomas, M.B. et al. (1976). Synthesis and 
Characterization in Dense Polycrystalline Form, J. Mat. Sci., 11, 2027-2035. 

13. de Groot, K. (1983). “Ceramic of Calcium Phosphates: Preparation and 
Properties”, in de Groot, K. (ed.), Bioceramics of Calcium Phosphate, CRC 
Press, Boca Raton, FL, pp. 100-114. 

14. Peelen, J.G.C., Rejda, B.V. and de Groot, K. (1980). Preparation and 
Properties of Sintered Hydroxyapatite, Ceramurgia Int., 4, 71-73. 

15. Denissen, H., Mangano, C. and Cenini, G. (1985). Hydroxylapatite 
Implants, Piccini Nuova Libraria, S.P.A., India. 

16. Aoki, H., Kato, K., Ogiso, M. et al. (1977). Sintered Hydroxyapatite as a 
New Dental Implant Material, J. Dent. Outlook, 49, 567-575. 

17. Aoki, H. (1991). Science and Medical Applications of Hydroxyapatite, 
Takayama Press System Center Co., Tokyo. 

18. DeJong, W.F. (1926). La Substance Minerals dans les Os., Tec. Trav. Chim., 
45, 445-458. 

19. Kay, M.I., Young, R.A. and Posner, A.S. (1964). Crystal Structure of 
Hydroxyapatite, Nature, 204, 1050-1053. 

20. Hench, L.L., Splinter, R.J., Allen, W.C. et al. (1971). Bonding Mechanisms 
at the Interface of Ceramic Prosthetic Materials, J. Biomed. Mater. Res., 2, 
117-141. 

21. Roy, D.M., Linnehan, S.A. (1973). Hydroxyapatite Formed from Coral 
Skeleton Carbonate by Hydrothermic Exchange, Nature, 247, 220-227. 


Hydroxyapatites 


271 


22. Dard, M., Bauer, A., Liebendorgen, A. et al. (1994). Preparation Physcico- 
Chemical and Biological Evaluation of a Hydroxyapatite Ceramic from 
Bovine Spongiosa, Acta Odonto. Stom., 185, 61-69. 

23. LeGeros, R.Z., Ito, A., Ishikawa, K. et al. (2009). “Fundamentals of 
Hydroxyapatite and Related Calcium Phosphates”, in Basu, B. (ed.), 
Advanced Biomaterials: Fundamentals, Processing and Applications, John 
Wiley and Sons, Inc., New York, pp. 19-52. 

24. LeGeros, R.Z.,Daculsi,G. andLeGeros, J.P. (2002). “Bioactive Bioceramics”, 
in Pietrzak, W.S. (ed.), Musculoskeletal Tissue Regeneration: Biological 
Materials and Methods, Humana Press, New Jersey, pp. 153-181. 

25. Dorozkin, S. (2009). Calcium Orthophosphates in Nature, Biology and 
Medicine, Materials, 2, 399^198. 

26. Bohner, M. (2000). Calcium Orthophosphates in Medicine: From Ceramics 
to Calcium Phosphate Cements, Injury, Int. J. Care Injured, 31, S-D17-47. 

27. Beevers, C.A. and Mcintyre, D.B. (1956). The Atomic Structure of 
Fluorapatite and its Relation to that of Tooth and Bone Mineral, Miner. 
Mag., 27, 254-259. 

28. Young, R.A. and Elliott, J.C. (1966). Scale Bases for Several Properties of 
Apatites, Arch. Oral Biol., 11, 699-707. 

29. LeGeros, R.Z. (1991). “Calcium Phosphates in Oral Biology and 
Medicine”, in Myers, H. (ed.), Monographs in Oral Sciences, Vol. 15, 
S. Karger, Basel. 

30. Mayer, I„ Cuisinier, F.J.K.G, Gedalya, S. et al. (2008). TEM Study of the 
Morphology of Mn2+-Doped Calcium Hydroxyapatite and Beta-Tricalcium 
Phosphate, J. Inorg.. Biochem., 102, 311-317. 

31. Matsunaga, K. (2008). First-Principles Study of Substitutional Magnesium 
and Zinc in Hydroxyapatite and Octacalcium Phosphate, J. Chem Physics, 
128, 245101-245110. 

32. LeGeros, R.Z. and LeGeros, J.P. (2008). “Hydroxyapatite” in Kokubo, T. 
(ed.), Handbook of Bioceramics and their Applications, Woodhead 
Publishing Ltd, London, pp. 367-394. 

33. Moreno, E.C., Kresak, M. and Zahradnik, R.T. (1977). Physicochemical 
Aspects of Fluoride-Apatite Systems Relevant to the Study of Dental 
Caries, Caries. Res., 11, 142-177. 

34. Bonel, G. (1972). Contribution a l’Etude de la Carbonation des Apatites, 
Ann. Chim., 1 , 65-88. 

35. Elliot, J.C. (1964). The Crystallographic Structure of Dental Enamel and 
Related Apatites (PhD Thesis, University of London). 


272 


An Introduction to Bioceramics 2nd Edition 


36. Zapanta-LeGeros, R. (1965). Effect of Carbonate on the Lattice Parameters 
of Apatite, Nature, 206, 403-405. 

37. LeGeros, R.Z., LeGeros, J.P., Trautz, O.R. et al. (1971). Conversion of 
Monetite, CaHP0 4 , to Apatites: Effect of Carbonate on the Crystallinity 
and the Morphology of the Apatite Crystallites, Adv. in X-Ray Anal., 14, 
57-66. 

38. LeGeros, R.Z., LeGeros, J.P., Trautz, O.R. et al. (1970). Spectral Properties 
of Carbonate in Carbonate-Containing Apatites, Dev. Applied Spectroscopy, 
7B, 3-12. 

39. LeGeros, R.Z., Trautz, O.R., LeGeros, J.P. etal. (1967). Apatite Crystallites: 
Effect of Carbonate on Morphology, Science, 155, 1409-1411. 

40. LeGeros, R.Z. (1981). Apatites in Biological Systems, Prog. Crystal. 
Growth. Charact., 4 , 1-45. 

41. LeGeros, R.Z. and Tung, M.S. (1983). Chemical Stability of Carbonate and 
Fluoride Containing Apatites, Caries. Res., 17, 419-429. 

42. Sillen, A. and LeGeros, R.Z. (1991). Solubility Profdes of Synthetic 
Apatites and of Modem and Fossil Bones, J. Arch. Sci., 18, 385-397. 

43. Okazaki, M. and LeGeros, R.Z. (1992). Crystallographic and Chemical 
Properties of Mg-Containing Apatites Before and After Suspension in 
Solutions, Magnesium Res., 5, 103-108. 

44. Yao, F. and LeGeros, R.Z. (2010). Carbonate and Fluoride Incorporation 
in Synthetic Apatites: Comparative Effect on Physico-Chemical Properties 
and In Vitro Bioactivity in Fetal Bovine Serum, Mater. Sci. Engineer., 30, 
423-430. 

45. LeGeros, R.Z., Bleiwas, C.B., Retino, M. et al. (1999). Zinc Effect on the 
In Vitro Formation of Calcium Phosphates: Relevance to Clinical Inhibition 
of Calculus Formation, Am. J. Dent., 12, 65-70. 

46. Brown, W.E. and Chow, L. (1976). Chemical Properties of Bone Mineral, 
Ann. Res. Mater. Sci., 6 , 213-226. 

47. Rey, C., Renugoplakrishan, V. and Collins, B. (1991). Fourier Transform 
Infrared Spectroscopic Study of the Carbonate Ions in Bone Mineral during 
Aging, Calcif. Tissue hit., 49, 251-258. 

48. Neuman, W.F. and Neuman, M.W. (1958). The Chemical Dynamics of 
Bone Mineral, University of Chicago Press, Chicago, IL. 

49. Rathje, W. (1939). Zur Kentnis de Phosphate I. Uber Hydroxyapatite, 
Bodenk Pjlemah, 12, 121-128. 

50. Hayek, E. and Newesely, H. (1963). Pentacalcium Monohydroxyorthophos- 
phate, Inorg. Syn., 7, 63-65. 


Hydroxyapatites 


273 


51. Bonel, G., Heughebaert, J.-C., M. Heughebaert, M. et al. (1988). “Apatitic 
Calcium Orthophosphates and Related Compounds for Biomaterials 
Preparation”, in Ducheyne, P. and Lemons, J.E. (eds), Bioceramics: 
Materials Characteristics Versus In Vivo Behavior, Vol. 523, Ann. NY 
Acad. Sci., New York, pp. 115-130. 

52. LeGeros, R.Z. (1986). Variability of (3-TCP/HAP Ratios in Sintered 
Apatites, J. Dent. Res., 65, Abstr. #110. 

53. LeGeros, R.Z., Lin, S., Rohanizadeh, R. et al. (2003). Biphasic Calcium 
Phosphates: Preparation and Properties, J. Mater. Sci. Mat. Med., 14, 201-209. 

54. Wakae, H., Takeuchji, A., Udoh, K. et al. (2008). Fabrication of Cancellous 
Bone Type Carbonate Apatite Foam by Hydrothermal Conversion of 
A-Tricalcium Phosphate in Carbonate Solutions, J. Biomed. Mater. Res., 
87A, 957-963. 

55. Best, S., Bonfteld, W. and Doyle, C. (1990). “Optimization of Toughness 
in Dense Ceramics”, in Heimke, G. (ed.), Bioceramics, Vol. 2, German 
Ceramic Society, Cologne, pp. 57-64. 

56. van Blitterswijk, C.A., Hesseling, S.C., Grote, J.J. et al. (1990). The 
Biocompatibility of Hydroxyapatite Ceramic: A Study of Retrieved Human 
Middle Ear Implants, J. Biomed. Mater. Res., 24, 433^153. 

57. ASTM (2002). Annual Book ofASTM Standards. Section 13. FI 185-88, 
Standard Specification for Composition of Ceramic Hydroxylapatite for 
Surgical Implants, Philadelphia, pp. 471—473. 

58. de Groot, K„ Klein, C.P.A.T., Wolke, J.G.C. et al. (1990). “Chemistry of 
Calcium Phosphate Bioceramics”, in Yamamuro, T., Hench, L.L. and 
Wilson, J. (eds), Handbook of Bioactive Ceramics, Vol. 11, CRC Press, 
Boca Raton, FL, pp. 3-16. 

59. Daculsi, G., LeGeros, R.Z., LeGeros, J.P. et al. (1991). Lattice Defects in 
Calcium Phosphate Ceramics; High Resolution TEM Ultrastructural Study, 
J. Appl. Biomat., 2, 147-152. 

60. Niwa, S., Sawai, K., Takahashi, S. et al. (1980). Experimental Studies on 
the Implantation of Hydroxylapatite in the Medullary Canal of Rabbits, 
Biomat., 1, 65-71. 

61. Margolis, H. and Moreno, E.C. (1992). Kinetics of Hydroxyapatite 
Dissolution in Acetic, Lactic and Phosphoric Acid Solutions, Calcif. Tissue. 
Int., 50, 137-143. 

62. Ducheyne, R, Kim, C.S. and Pollack, S.R. (1992). The Effect of Phase 
Differences on the Time-Dependent Variation of the Zeta Potential of 
Hydroxyapatite, J. Biomed. Mater. Res., 26, 147-168. 


274 


An Introduction to Bioceramics 2nd Edition 


63. Pollack, S.R. (1984). Bioelectrical Properties of Bone: Endogenous 
Electrical Signals, Orthop. Clin. NAmer., 15, 3-13. 

64. Doss, S.K. (1976). Surface Property of Hydroxyapatite: The Effect on 
Various Inorganic Ions on the Electrophoretic Behavior, J. Dent. Res., 55, 
1067-1075. 

65. Somasundran, P. (1968). Zeta Potential of Apatite in Aqueous Solution and 
its Change During Equilibrium, J. Colloid. Interface Sci., 27, 659-666. 

66. Gorbunoff, M.J. (1984). The Interaction of Proteins with Hydroxylapatite, 
J. Anal. Biochem., 136, 425-132. 

67. Spencer, M. and Grynpas, M. (1978). Hydroxyapatite for Chromatography. 
1. Physical and Chemical Properties of Different Preparations, J. Chromat., 
166, 423-134. 

68. Boskey, A.L. (1984). “Overview of Cellular Elements and Macromolecules 
Implicated in the Initiation of Mineralization”, in Butler, W. (ed.), The 
Chemistry and Biology of Mineralized Tissues, Ebsco Media Birmingham, 
AL, pp. 335-343. 

69. Reddi, H. (1985). Implant-Stimulated Interface Reactions During 
Collagenous Bone Matrix-Induced Bone Formation, J. Biomed. Mater. 
Res., 19, 233-239. 

70. Beckham, A., Greenlee, T.K. and Crebo, Jr., A.R. (1971). Bone Formation 
at a Ceramic Implant Interface, Calcif. Tiss. Res., 8, 165-171. 

71. Ganeles, J., Listgarten, M.A. and Evian, C.I. (1986). Ultrastructure of 
Durapatite Periodontal Tissue Interface in Human Intrabony Defects, J. 
Periodntol., 57, 133-140. 

72. Tracy, B.M. and Doremus, R.H. (1984). Direct Electron Microscopy Studies 
of the Bone-Hydroxylapatite Interface, J. Biomed. Mater. Res., 18, 719-726. 

73. Gregoire, M., Orly, I. and Menanteau, J. (1990). The Influence of Calcium 
Phosphate Biomaterials on Human Bone Cell Activities: An In Vitro 
Approach, J. Biomed. Mater. Res., 24, 163-177. 

74. LeGeros, R.Z., Orly, L, Gregoire, M. et al. (1988). Comparative Properties 
and In Vitro Transformation of HA Ceramics in Serum, J. Dent. Res., 67, 
Abstr. #512. 

75. Orly, I., Gregoire, M., Menanteau, J. et al. (1989). Effects of Synthetic 
Calcium Phosphates on the H-Thymidine Incorporation and Alkaline 
Phosphatase Activity of Human Fibroblasts in Culture, J. Biomed. Mat. 
Res., 23, 1433-1440. 

76. Heughebaert, M., LeGeros, R.Z., Gineste, M. et al. (1988). Physico- 
Chemical Characterization of Deposits Associated with HA Ceramics 
Implanted in Non-Osseous Sites, J. Biomed. Mater. Res., 22, 254-268. 


Hydroxyapatites 


275 


77. LeGeros, R.Z. and Daculsi, G. (1990). “ In Vivo Transformation of Biphasic 
Calcium Phosphate Ceramics: Ultrastructural and Physico-Chemical 
Characterizations”, in Yamamuro, T., Hench, L.L. and Wilson, J. (eds), 
Handbook of Bioactive Ceramics Vol. II, CRC Press, Boca Raton, FL, 
pp. 17-28. 

78. LeGeros, R.Z., Daculsi, G., Orly, I. et al. (1991). “Substrate Surface Dissolution 
and Interfacial Biological Mineralization”, in J. Davies, E. (ed.), The Bone- 
Biomaterial Interface, University of Toronto Press, Toronto, pp. 76-88. 

79. Hench, L.L. (1991). Bioceramics: From Concept to Clinic, J. Am. Ceram. 
Soc., 74, 1487-1510. 

80. Davies, J.E. (1990). “The Use of Cell and Tissue Culture to Investigate 
Bone Cell Reactions to Bioactive Materials”, in Yamamuro, T., Hench, L.L. 
and Wilson, J. (eds). Handbook of Bioactive Ceramics, Vol. I, CRC Press, 
Boca Raton, FL, 195-225. 

81. Bagambisa, F.B., Joos, U. and Schilli, W. (1990). The Interaction of 
Osteogenic Cells with Hydroxylapatite Implant Materials In Vitro and In 
Vivo, Int. Oral. Maxillofac. Implants, 5, 217-226. 

82. Baron, R., Neff, L., Louvard, D. et al. (1985). Cell-Mediated Extracellular 
Acidification and Bone Resorption: Evidence for a Low pH in Resorbing 
Lacunae and Localization of 100-kD Lysosomal Membrane Protein at the 
Osteoclast Ruffled Border, J. Cell. Biol., 101, 2210-2222. 

83. Webster, T.J., Ergun, C., Deoremus, R. et al. (2002). Hydroxylapatite with 
Substituted Magnesium, Zinc, Cadmium and Yttrium. II. Mechanisms of 
Osteoblast Adhesion, J. Biomed. Mater. Res., 59, 312-317. 

84. Fujimori, Y., Mishima, H., Sugaya, K. et al. (1988). In Vitro Interactions of 
Osteoclast-Like Cells and Hydroxyapatite Ceramics, Bioceramics, 11, 335-338. 

85. Inoue, M., LeGeros, R.Z., Inoue, M. et al. (2004). In Vitro Response of 
Osteoblast-Like and Odontoblast-Like Cells to Unsubstituted and 
Substituted apatites, J. Biomed. Mater. Res., 70A, 585-593. 

86. Urist, M.R. (1965). Bone Formation by Autoinduction, Science, 150, 893-898. 

87. Reddi, A.H. (2000). Morphogenesis and Tissue Engineering of Bone and 
Cartilage: Inductive Signals, Stem Cells and Biomimetic Biomaterials, 
Tissue Eng., 6, 351-359. 

88. LeGeros, R.Z. (2002). Properties of Osteoconductive Biomaterials: 
Calcium Phosphates, Clin. Orthopaed. Rel. Res., 395, 81-98. 

89. Kuboki, Y., Takita, H., Kobayash, D. (1998). BMP-Induced Osteogenesis 
on the Surface of Hydroxyapatite with Geometrically Feasible and Non- 
feasible Structures. Topology of Osteogenesis, J. Biomed. Mater. Res., 39, 
190-199. 


276 


An Introduction to Bioceramics 2nd Edition 


90. Ripamonti, U., Ma, S. and Reddi, A.H. (1992). The Critical Role of 
Geometry of Porous Hydroxyapatite Delivery System: Induction of Bone 
by Osteogenin, a Bone Morphogenetic Protein, Matrix , 12, 201-212. 

91. LeNihouhanne, D., Daculsi, G., Gauthier, O. et al. (2005). Ectopic Bone 
Formation by Microporous Calcium Phosphate Ceramic Particles in Sheep 
Muscles, Bone, 36,1086-1093. 

92. LeGeros, R.Z. (2008). Calcium Phosphate-Based Osteoinductive Materials, 
Chem. Revs, 108, 4742-4753. 

93. Osborn, J.F. and Neweseley, H. (1980). The Material Science of Calcium 
Phosphate Ceramic, Biomaterials, 1, 108-111. 

94. Niki, M., Ito, G., Matsuda, T. et al. (1991). “Comparative Push-Out Data 
of Bioactive and Non-Bioactive Materials of Similar Rugosity”, in Davies, 
J.E. (ed.), Bone-Material Interface, University of Toronto Press, Toronto, 
pp. 350-356. 

95. de Groot, K. (1987). “Hydroxylapatite Coatings for Implants in Surgery”, 
in Vincenzini, P. (ed.), High Tech Ceramics, Elsever, Amsterdam, pp. 
381-386. 

96. Cook, S.D., Thomas, K.A, Dalton, J.E. et al. (1992). Hydroxylapatite 
Coating of Porous Implants Improves Bone Ingrowth and Interface 
Attachment Strength, J. Biomed. Mater. Res., 26, 989-1001. 

97. Jarcho, M. (1992). Retrospective Analysis of Hydroxyapatite Development 
for Oral Implant Applications, Dent. Clin. North. Amer., 36, 19-26. 

98. Linkow, L. (1984). Bone Transplants Using the Symphysis, the Iliac Crest 
and Synthetic Bone Materials, J. Oral. Implantol., 11, 211-217. 

99. Jansen, J.A., van der Waerden, J.P.C.M., van der Lubbe, H.B.M et al. 
(1990). Tissue Response to Percutaneous Implants in Rabbits, J. Biomed. 
Mater. Res., 24, 295-307. 

100. Simon, J.L., Michna, S., Lewis, J.A. et al. (2007). In Vivo Bone Response 
to 3D Periodic Hydroxyapatite Scaffolds Assembled by Direct Ink Writing, 
J. Biomed. Mater. Res., 83A, 747-758. 

101. Uchida, A., Shinto, Y., Araki, N. et al. (1992). Slow Release of Anticancer 
Drugs from Porous Calcium Hydroxyapatite Ceramic, J. Orthop. Res., 10, 
440-445. 

102. Frayssinet, R, Rojuguet, N., Mathon, D. (2006). Bone Cell Transfection in 
Tissue Culture Using Hydroxyapatite Microparticles, J. Biomed. Mater. 
Res., 19A, 225-228. 

103. Frayssinet, P., Primout, I., Rouquet, N. et al. (1991). Bone Cell Grafts in 
Bioreactor: A Study of Feasibility of Bone Cell Autograft in Large Defects, 
J. Mater. Sci. Mater. Med., 2, 217-221. 


Hydroxyapatites 


277 


104. LeGeros, R.Z., LeGeros, J.P., Kim, Y. et al. (1995). Calcium Phosphates in 
Plasma-Sprayed HA Coatings, Ceram. Trans., 48, 173-189. 

105. LeGeros, R.Z., Coelho, P.G., Holmes, D. et al. (2011). “Orthopedic and 
Dental Implant Surfaces and Coatings”, in Zhang, S. (ed.). Biological and 
Biomedical Coatings Handbook, CRC Press, Boca Raton, FL, pp. 301-334. 

106. Lin, S., LeGeros, R.Z. and LeGeros, J.P. (2003). Adherent Octacalcium 
Phosphate Coating on Titanium Alloy Using Modulated Electrochemical 
Deposition Method, J. Biomed. Mater. Res., 68A, 810-828. 

107. Rohanizadeh, R., LeGeros, R.Z., Marsono, H. et al. (2005). Adherent 
Apatite Coating on Titanium Substrate Using Chemical Deposition, 
J. Biomed. Mater. Res., 72A, 428-438. 


Chapter 18 

SILICON SUBSTITUTED HYDROXYAPATITE 

Robert J. Friederichs, William Bonfield and Serena M. Best 


18.1. INTRODUCTION 

Synthetic hydroxyapatite (HA) is similar in chemical composition to bone 
mineral and has been utilised in a number of different applications as an ortho¬ 
paedic implant material. HA is considered to be osseoconductive, meaning that it 
encourages bone growth on its surface when in the presence of bone-forming 
cells. To this end, HA has been used in various bone contacting or grafting appli¬ 
cations in the form of dense or porous blocks, granules, powders, coatings or as 
a mineral component in a polymer composite. 1 However, HA has a relatively 
limited bioactivity compared to some other synthetic bioceramics and glasses. 
One method that can improve the bioactivity of HA is to modify the chemical 
composition by substituting ions found in human bone mineral into the HA lat¬ 
tice. LeGeros initially investigated carbonate substitution in hydroxyapatite 
(CHA) due to its presence in human bone, and other investigators expanded this 
seminal work. 2,3 See Chapter 17 for details. Carbonate substitution increased 
solubility, proliferation of osteoblasts and osteoclastogenesis. 4 ’ 5 Increased solubil¬ 
ity of CHA may be desirable in some applications where resorbtion is desired, but 
problematic in situations where stability is required (Chapter 20). Dhert et al. 
investigated fluoride substitutions for its stabilising effect on the HA lattice and 
found that it increased mechanical stability of the tissue/implant interface. 6 
Another ion critical to bone formation and repair is silicon (Si). 

Silicon was shown to be a critical trace element in connective tissue health 
(particularly bone and cartilage) by Carlisle. 7 She showed a pronounced change 
in skeletal structure between chicks that were fed an enhanced-silicon diet 
opposed to those fed a silicon-deficient diet. A similar experiment using rats 
found that increased Si intake translated to increased longitudinal growth of 
bones. 8 The mechanism by which silicon influences bone development is still 
uncertain, but it appears that Si complexes help enhance production of collagen 
and other extracellular matrix (ECM) proteins and increases osteoblast (OB) 
activity (Chapter 4). Silicon has been added to OB cultures in vitro and stimula¬ 
tory effects have been observed. Orthosilicic acid, present in human blood 
plasma, was added to human OBs in vitro and subsequently increased markers of 
OB activity. 9 Another study supplemented human OBs with sodium silicate and 
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observed increased OB metabolic activity and proliferation. 10 Silicon plays an 
important role in bone health, and has been utilised in synthetic calcium phos¬ 
phates (CaP) such as HA with the aim of improving bioactivity. 


18.2. SYNTHESIS OF SILICON SUBSTITUTED 
HYDROXYAPATITE 

Many researchers have studied the synthesis of phase-pure silicon sub¬ 
stituted HA (SiHA), with varying degrees of success. Sol-gel, hydrothermal, 
wet precipitation, solid state and mechanochemical methods have all been 
used to synthesise SiHA. Ruys and Tanizawa developed early sol-gel and 
hydrothermal methods that produced SiHA with extraneous phases such as 
amorphous calcium phosphate and brushite, which confounded the effects of 
silicon substitution. 1112 Several wet chemical precipitation methods have pro¬ 
duced phase-pure SiHA. Bonfield and co-workers were the first to success¬ 
fully produce a phase-pure SiHA. 1 In 1999 Bonfield, Best and Gibson 
developed a wet precipitation method based on work by Akao 13 that used an 
aqueous reaction between silicon tetraacetate (Si(OCOCH 3 ) 4 ), calcium hydrox¬ 
ide and orthophosphoric acid to produce a phase-pure SiHA. The HA was 
substituted with 0.4 weight percentage (wt%) silicon and remained thermally 
stable up to 1,200°C. 14 The proposed mechanism that Si was incorporated into 
the HA lattice is listed in Eq. 18.1. 

Ca(P0 4 ) 6 _ j (Si0 4 ) x (OH) 2x (18.1) 

Kim et al. produced SiHA using wet chemical methods similar to Gibson, 
but used tetraethylorthosilicate (TEOS) as the Si source. 15 Kim’s use of TEOS 
claims to have increased thermal stability up to 1,300°C. However, phase purity 
problems associated with how the TEOS was incorporated in the wet chemical 
reaction arose and were addressed by Hadden et al , 16 Palard used a nitrate-based 
method similar to Jarcho, but this SiHA was only thermally stable to 1,000°C. 17,18 


18.3. PHYSICO-CHEMICAL IMPLICATIONS OF SILICON 
SUBSTITUTION 

18.3.1. Heat Treatment and Microstructural Changes in Siha 


SiHA produced by Bonfield and co-workers’ method was shown to be 
phase pure when heat-treated between 1,000-1,300°C. 19 The onset of 
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densification occurred at a higher temperature for SiHA compared to HA. The 
grain size of SiHA also reduced with increasing Si content up to 1.6 wt% with 
respect to HA heat-treated at 1,200°C. The effect of the smaller grain size was 
reflected in higher hardness values from SiHA compared to HA heat-treated to 
1,200°C or above. The authors suggest that larger amounts of carbonaceous 
material, perhaps remnants of the silicon tetraacetate and adsorbed carbonate, 
present in SiHA before sintering may have contributed to the inhibitory effects 
observed. 


18.3.2. Crystal Structure and Chemical Analysis 

Gibson et al. performed X-ray diffraction (XRD), Fourier transform infra¬ 
red reflection spectroscopy (FTIR) and X-ray fluorescence (XRF) to determine 
whether silicon was incorporating into HA. XRD showed that the only phase 
present was hydroxyapatite (ICCD 09-0432), but upon Rietveld refinement of the 
data the insertion of silicon for phosphorous produced a contraction along the 
crystallographic a-axis and an expansion along the c-axis compared to stoichio¬ 
metric HA. Silicon substation altered P-O vibration bands in FTIR, and contained 
three additional peaks. XRF revealed that the amounts of silicon calculated using 
Eq. 18.1 were approximate to those incorporated into HA. 14 Other studies inves¬ 
tigated how silicon substitutes into the phosphate tetrahedral lattice position in 
HA using 29 Si nuclear magnetic resonance (NMR) and neutron diffraction. 20,21 
Gomes et al. found that charge compensation mechanisms in SiHA can depend 
on the synthesis route, which can account for the variability in phase purity 
observed in the literature. The mechanism in Eq. 18.1 was found to occur along¬ 
side a second mechanism where B-C0 3 substitution, which inevitably occurs 
during exposure to the atmosphere in synthesis, decomposes upon heat-treating 
over ~800°C and creates phosphate/silicate vacancies (Eq. 18.2 ). 20 

Ca 10 (PO 4 )^(Si0 4 )^(V_ Si ) y (OH) 2i O y (V 0H ^, (18.2) 

where V p/Si and V QH/0 are phosphate/silicate and hydroxyl/oxide pair 
vacancies respectively. 


18.3.3. Surface Charge and Protein Adsorption 


The surface charge of SiHA has been characterised using high-resolution 
force spectroscopy with a functionalised COO - terminated alkanethiol 
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(a) (b) 

Figure 18.1. TEM micrographs of SiHA granules implanted in vivo for 12 weeks, (a) 1.5 wt% 
SiHA grain dissolving at a triple junction, (b) TEM micrograph of dissolution from 0.8 wt% 
SiHA granules. Reprinted from Porter el al., with permission from Elsevier. 25 


self-assembling monolayer. This technique revealed larger Van der Waals and 
adhesive interactions present in SiHA. The surface charge of SiHA was twice 
more negatively charged compared to HA. 22 This may help explain the acceler¬ 
ated adsorption of adhesive proteins fibronectin and vitronectin onto SiHA com¬ 
pared to HA. 23 


18.3.4. Dissolution of SiHA 

Porter et al. have studied the ultra-structure of SiHA using transmission 
electron microscopy (TEM) and found higher concentrations of triple-point 
defects compared to HA. These defects may increase the solubility of SiHA 
(Fig. 18.1). 2425 The dissolution kinetics of SiHA suggest that Si is leaching out of 
the HA lattice, but it may reprecipitate at the implant interface. 26 ' 27 


18.4. BIOLOGICAL RESPONSE TO SILICON-SUBSTITUTED 
HYDROXYAPATITE 

Several in vitro and in vivo studies have demonstrated that silicon substitu¬ 
tion in HA has desirable implications for bone regeneration. SiHA formed an 
enhanced apatite layer compared to HA during in vitro bioactivity tests using 
simulated body fluid, and SiHA was found to stimulate OB activity in vitro . 28,29 
In vivo work has shown significantly increased bone apposition and organisation 
around SiHA implants compared to HA. 30 Organised collagen fibrils also formed 
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(a) (b) 


Figure 18.2. TEM micrographs of granules implanted in vivo for six weeks, 
(a) Disorganised collagen fibrils apposing HA granules, (b) Aligned collagen fibrils (both 
parallel and transverse) apposing 1.5 wt% SiHA granules. Reprinted from Porter et al., 
with permission from Elsevier. 31 


faster on SiHA compared to HA (Fig. 18.2). 31 These results have stimulated the 
major clinical application of SiHA, marketed under the trade name ActiFuse™, 
as a synthetic bone graft for skeletal reconstruction, particularly for spinal 
fusion. 32 


18.5. CONCLUSIONS 

The importance of silicon in bone health has promoted its use in HA bone¬ 
grafting materials. Many synthetic routes have been used to obtain a phase-pure 
SiHA, with Bonfield and co-workers developing the first working procedure 
based on common wet chemical precipitation of HA. Greater understanding of 
how silicon incorporates into the HA lattice can explain some of the variability in 
phase purity observed in the literature. The mechanisms by which SiHA speeds 
bone growth are still under investigation. Some possibihties for the success of 
SiHA are that surface charge becomes more negative, silicon destabilises the HA 
lattice, increasing solubility, sihcon is released from the lattice in a therapeutic 
manner, topographical effects (reduced grain size and increased concentration of 
triple points) and bone cells actively detect silicon in the HA lattice. The success 
of SiHA bone grafts may rely on several of these mechanisms. Once these mecha¬ 
nisms are better understood, SiHA can be further tailored to enhance bone forma¬ 
tion around an implant. 
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Chapter 19 

POROUS HYDROXYAPATITE 

Edwin C. Shors and Ralph E. Holmes 


19.1. INTRODUCTION 

The rationale for using hydroxyapatite (HA) as a bone substitute material 
should be self-evident: natural bone is approximately 70% HA by weight and 50% 
HA by volume. The rationale for making the material macroporous is not so obvi¬ 
ous, and necessitates an appreciation for the architecture of tissues and its effect 
on regeneration and repair. All of our organs, such as liver, kidney and bone, have 
a parenchymal and a stromal component. The parenchyma is the physiologically- 
active part of the organ; the stroma is the framework that supports the organization 
of the parenchyma. In soft tissues, loss of parenchyma with maintenance of stroma 
allows a remarkable degree of regeneration and repair. A bone defect might regen¬ 
erate more predictably if a stromal substitute is implanted to provide a framework 
for organization of the osteons. By providing the bone defect with a stromal sub¬ 
stitute, containing spaces morphologically compatible with the osteons and their 
vascular interconnections, a partnership between biomaterials and biologic regen¬ 
erative and repair responses can be encouraged. 1 

Cortical bone consists of osteons or Haversian systems, which are held 
together by a hard tissue stroma or interstitium (see Section 19.8, Appendix A, for 
illustrations of bone architecture). The interstium does not have the Haversian 
canals and blood circulation of the osteons. Interosteonic communications, 
known as Volkmann canals, traverse the interstitial bone and permit blood to 
access the deepest osteons and maintain their osteocytes. Interstitial bone 
accounts for one-third of the volume of long bones, like the femur and tibia, with 
the remaining two-thirds consisting of the parenchymal osteons. 2,3 When design¬ 
ing an implant for osteoconduction, it would seem logical to mimic the architec¬ 
ture of this interstitial or stromal bone. Osteons average 190-230 pm in diameter, 
and intercommunicate through Volkmann canals. An idealized bone graft substi¬ 
tute would mimic osteon-evacuated cortical bone and have an interconnected 
porous system of channels of similar dimensions. These pore dimensions are in 
accord with the studies of Klawitter and Hulbert, 4 which established a minimum 
pore size of 100 pm for bone in-growth into ceramic structures. 

Cancellous bone differs from cortical bone in being open-spaced and 
trabecular. The trabeculae represent “unrolled” osteons on both surfaces, 
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which are in apposition to a central framework of interstitial bone. An ideal 
cancellous bone graft substitute would mimic osteon-evacuated cancellous 
bone and have a thin lattice interconnected by pores of 500-600 pm. This 
chapter emphasizes the effects of porosity, since that is where bone regenera¬ 
tion takes place. 


19.2. PROCESSING 

19.2.1. Sintered HA 

The most widely-used process to fabricate porous HA implants utilizes 
isostatic compaction and sintering (Chapter 1) of calcium phosphate powders that 
contain naphthalene particles. 5 Volatilization of the naphthalene particles leaves a 
porosity which consists of spherical voids communicating by a narrow-necked 
aperture wherever the particles were in contact. To permit bone in-growth of any 
depth, these apertures must exceed 100 pm or they will represent blind ends and 
discontinuities in bone. Another sintering process for creating a macroporous 
structure utilizes pretreatment with hydrogen peroxide. 6 

19.2.2. HA Cement 

More recently, water-setting HA cements have been employed to create 
HA materials with various porosities. 7-9 The most completely-characterized HA 
cement in this group 10 is made by reacting tetra-calcium phosphate and calcium 
hydrogen phosphate in an aqueous environment. 

Ca 4 (P0 4 ) 2 + CaHP0 4 —> Ca 5 (P0 4 ) 3 0H (19.1) 

Under in vitro conditions at 37°C, the HA cement sets in approximately 15 
minutes and the isothermal chemical reaction is completed in 4 hours. Porosity is 
obtained by mixing the cement prior to set with sucrose granules and then dis¬ 
solving the granules in water. 

19.2.3. HA Conversion by Hydrothermal Exchange 

During the early 1970s in the Material Research Laboratory at 
Pennsylvania State University, a process was developed that utilized the skel¬ 
etal structure of marine invertebrates, especially reef building corals, as a 
template to make porous structures of other materials. 11 The calcium 
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carbonate skeleton is reacted with dominium hydrogen phosphate and, by 
means of a hydrothermal exchange of carbonate and phosphate, is converted 
to HA. 

Under suitable temperature and pressure conditions the exchange results 
in a nearly pure HA. The HA structure is an exact replica of the porous marine 
skeleton, including its interconnected porosity. Prior to the exchange reaction, the 
organic component of these corals is removed with sodium hypochlorite. The 
extreme chemical and thermal conditions of the exchange reaction destroy any 
residual organic material. Of interest to present day environmental concerns is the 
lack of any impact due to harvesting these corals. Known as “nuisance coral” in 
the South Pacific, they are over-abundant and must be routinely removed from 
harbors and shipping lanes. 


19.3. COMPOSITION 

The chemical compositions of the different HA preparations are tradition¬ 
ally evaluated with X-ray diffraction. Preparations typically demonstrate a crys¬ 
talline structure which is essentially pure HA with trace levels of beta tri-calcium 
phosphate, also known as beta-whitlockite (Fig. 19.1). This beta form of tri¬ 
calcium phosphate is also present within human bone at similar low 
concentrations. 



Angle, degrees 2 theta 


Figure 19.1. X-ray diffraction scan of synthetic HA standard compared with HA from 
hydrothermal exchange of coral skeleton carbonate with phosphate. 
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19.4. PROPERTIES 

The porosity of sintered and cement forms of HA is dependent on the 
numbers and dimensions of the volatilized or dissolved particles. The degree of 
particle compaction and contact helps to determine the interconnectivity of the 
porosity. For example, the sintered HA material studied by Klein 6 contained pores 
of 150-250 pm. The volume fraction porosity and the pore interconnectivity were 
not reported. The HA cement material studied by Costantino 10 had a volume frac¬ 
tion porosity of 10% and 20%. The pore dimensions and connectivity were not 
reported. 

Early research identified two species of coral as having suitable pore sizes 
for conversion into HA and subsequent use as a bone substitute. 12 The character¬ 
istics of the porosity in marine invertebrates were found to be genus and species 
dependent. Within a species and between members of that species, the average 
pore diameters were quite uniform, with a low range of variation throughout the 
structure. Accurate taxonomic identification thus assured a consistency of pore 
size and for the first time offered a legitimate educational reason for biomaterials 
students to visit and study in the West Indian and South Pacific littorals. 

To mimic the osteon-evacuated stroma of cortical bone, the coral skeleton 
from the genus Porites was selected (Fig. 19.2). The solid framework and pore 
network are continuous with interconnected domains. The solid components of 
the implant framework average 75 pm and the interconnections average 95 pm. 



Figure 19.2. Microstructure of Porites coral skeleton after conversion to hydroxyapatite 
(HA200). Fenestrations of pore channel walls resulting in high degree of interconnectivity 
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Figure. 19.3. Microstructure of Goinopora coral skeleton after conversion to hydroxyapa¬ 
tite (HA500). Trabecular framework with large interconnected pores is apparent. 


The pores average 230 pm diameter and their interconnections average 190 pm 
diameter. The void volume fraction is 65%. 13 

To mimic the osteon-evacuated stroma of cancellous bone, the genus 
Goniopora was selected (Fig. 19.3). The solid components of its framework aver¬ 
age 130 pm with interconnections that average 220 pm diameter. The pores aver¬ 
age 600 pm diameter and their interconnections average 260 pm diameter. The 
void volume fraction is 63%. 13 

For brevity and ease of association with pore size, the HA form of Porites 
is called HA200 while that for Goniopora is called HA500. Both structures are 
comparable with human bone. Table 19.1. 


Table 19.1. Comparison of the Microstructure of HA500 and Human Cancellous Bone 
(±SE). 17 



HA500 

Iliac Bone 14 

Iliac Bone 15 

Volume fraction (%) 

35.1 + 1.5 

20.5 ± 0.4 

20.3 ± 0.4 

Surface area (mm 2 /mm 3 

5.3 + 0.2 

3.0 ±0.1 

3.4 ±0.1 

Ratio of surface area to 

volume fraction 

15.3+0.6 

14.6 ± 0.6 

17.3 + 0.2 

Mean trabecular width (pm) 

131.9 + 4.4 

136.6 ± 4.5 

120.3 ± 1.6 

Mean pore width (pm) 

245.0 ± 9.0 

529.6 ± 22.9 

468.2 ± 27.2 


From White et al. 11 





292 


An Introduction to Bioceramics 2nd Edition 


Table 19.2. Biomechanical Properties of HA200. 17 


Property 

Test 

Orientation 

Mean 

Range 

Crush Strength 

Compression 

Parallel 

1343 

997-1675 

(psi) 


Perpendicular 

626 

257-963 

Ultimate strength 

Compression 

Perpendicular 

373 

251-544 

(N-cm ') 

Stiffness (N-cm -1 ) 

Compression 

Perpendicular 

8300 

3310-11470 

Energy absorption 

Compression 

Perpendicular 

9.9 

4.5-13 

(N-cm) 

Tensile strength 
(gm-cm -2 xl0 4 ) 

4-point 

bending 

Not reported 

Not reported 

2.4-3.3 

Young’s modulus 
(gm-cm -2 xl0 4 ) 

4-point 

bending 

Not reported 

Not reported 

5.2-6.0 

Elastic modulus 

Resonance 

Parallel 

4.8 

3.6-5.8 

(dynes-cm -2 x 10 10 ) 

frequency 

Perpendicular 

2.6 

1.9-3.2 


Table 19.3A. Failure Stress Values for HA500 (+SD). 36 

Direction 

Tensile Compressive Transverse Torsional 

Bending 

Parallel 

Perpendicular 

Diagonal 

188.7 ±— 851.7 ±319.7 143.0 ±41.3 41.3 ±11.2 

95.4 ±49.4 489.0 ± 160.3 268.0 ±98.5 40.2 ±15.1 

122.0 ±67.2 661.3 ±267.0 495.7 ±51.9 46.3 ± 18.0 

403.3 ± 97.5 

529.5 ± 224.7 

332.8 ± 137.2 

Table 19.3B. Moduli of HA500 (±SD). 

Direction 

Tensile Compressive Flexure 

Rigidity 

Parallel 

Perpendicular 

Diagonal 

56.0 ± — 80.2 ± 54.4 110.0 ± 29.3 

32.7 + 11.7 36.5 + 14.5 159.8 + 69.4 

23.6+ 14.1 56.2 + 31.1 111.7 + 35.2 

0.9 ± 0.4 

0.9 ± 0.4 

1.1 ±0.8 

From Tencer et 

fl/. 36 



19.4.1. Biomechanical Propetties 

Biomechanical properties of sintered and cement forms of porous HA 
depend on the degree of porosity. The biomechanical properties of HA200 and 
HA500 are presented in Tables 19.2 and 19.3. 
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The biomechanical properties of HA200 and HA500 are distinctly aniso¬ 
tropic, i.e., different in one direction than in the others, as a result of the growth 
characteristics of most scleractinian corals. The relationship between compressive 
strength and channel axis of the pores in HA200 has been well defined. 16 In the 
absence of any bone in-growth the ultimate compressive strength of HA200 is 
significantiy less than cortical bone, while that of HA500 is similar to cancellous 
bone. The stiffness of HA200 as defined by conventional destructive testing is com¬ 
parable with bone graft, but the implant material still fails like a ceramic with a 
brittle fracture. Like its dense form, porous HA materials have a low fatigue strength 
relative to most metals and polymers. Although not well studied, crack propagation 
has been considered to be partially ameliorated by the presence of pores. 17 

19.4.2. Surface Chemistry 

The surface chemistry of the porous sintered and cemented HA are presum¬ 
ably not different from their dense forms. In the converted HA it has been noted that 
the crystallite size of the HA is significantiy smaller than the crystallite size within 
the original coral. Although this reaction has been studied in detail, the explanation 
for this polycrystalline morphology is not well defined. 18 ' 19 A high power scanning 
electron photomicrograph (Fig. 19.4) demonstrates this high surface area, which 
may be a factor in the osteoconductive behavior of this porous HA material. 



Figure 19.4. High power scanning electron micrograph of HA200 showing polycrystal¬ 
line surface. Reference line indicates 15 pm. 
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19.5. TISSUE RESPONSE 
19.5.1. In-growth 

The tissue response to porous HA implants is inherently different from 
dense HA because of the opportunity for in-growth. Porosity and interconnectiv¬ 
ity are key determinants of amount and type of in-growth. In highly porous and 
interconnected implants like HA200 and HA500, fibrovascular tissue in-growth 
starts by day three or four. By 28 days this in-growth is completed throughout the 
implant and apposition of bone against the pore walls has begun. 20-22 The spatial 
apposition of hone then progresses temporally from the implant surface towards 
the center. 23 A transient appearance of multinucleated giant cells has been 
reported. 24 The eventual bone-HA bonding within pores is considered to be like 
that documented for dense HA. Studies in several dog models have found bone 
in-growth to be nearly complete by three months (equivalent to six months in 
man). Data from HA200 in Table 19.4 and HA500 in Table 19.5 summarizes 
these studies. 


Table 19.4. Tissue Volume Fractions (%) of HA200 Implants Retrieved from the Dog 
Radius After 3, 6, 12, 24, and 48 Months (+ SE). 26 


Months 

n 

Soft Tissue 

Bone 

HA Matrix 

3 

3 

12.1 ± 2.4 

49.4 ± 2.4 

38.6 + 1.5 

6 

3 

13.7 + 1.8 

46.1+2.1 

40.2 ± 3.6 

12 

3 

11.6 + 2.3 

52.7 + 3.1 

35.7 ± 1.2 

24 

3 

7.7 ± 0.5 

54.8+1.0 

37.6 + 1.5 

48 

2 

6.2 + 1.1 

54.3 ± 4.2 

39.6 ± 3.2 

Table 19.5 Tissue Volume Fractions (%) of HA500 Implants Retrieved from the Dog 
Proximal Tibial Metaphysis After 2, 4, 6, and 12 Months (± SE). 27 

Months 

n 

Soft Tissue 

Bone 

HA Matrix 

2 

2 

57.3 ± 1.4 

10.3 ± 0.6 

32.6+1.3 

4 

2 

50.1 ± 1.6 

11.6 + 0.7 

38.3 ± 1.5 

6 

2 

51.2+1.6 

13.0 + 0.7 

35.9+1.4 

12 

2 

49.0+1.7 

17.3 ± 0.9 

33.8 + 1.6 
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The histologic appearance of the initial hone in-growth demonstrates 
an irregular and unorganized orientation of the collagen fibers and distribu¬ 
tion of osteocytes that is characteristic of immature woven bone. 23 This initial 
bone is subsequently replaced with mature parallel fiber lamellar bone. This 
sequence is similar to normal bone formation. The woven bone of the embryo 
and newborn skeleton is gradually replaced with a parallel fiber lamellar bone 
which will remodel throughout life. 25 In dog studies, normal physiologic 
remodeling of the mature bone, reflecting the influence of Wolff’s law, can 
be observed by 12 months. In diaphyseal radius implants of HA200 the 
intramedullary portion showed a substantial remodeling with removal of the 
bone in-growth (and preservation of bone in-growth within the intracortical 
portion). 26 In metaphyseal tibial implants of HA500 the HA pores within the 
cancellous region contained trabecular bone in-growth while the pores within 
the cortical shell regions contained osteonal bone in-growth. 27 The findings 
of these normal physiologic behaviors of bone (maturation sequence and 
response to Wolff’s law) within the pores of HA characterizes the implant 
composition and microstructure (pore shape, size, and interconnectivity) as 
highly biocompatible. 

19.5.2. Union and Incorporation 

In orthopedic terminology, the tissue response of bone in-growth into graft 
or implant surface pores is called union. An implant or graft is said to be united 
when sufficient bone in-growth (approx. 200-500 pm depth) has occurred to 
unite host bed and implant as measured by histometry and shear testing. When 
bone in-growth throughout the pores is present, it is conceptually conceivable that 
the bone could occupy the pore center without contacting the pore walls, or it 
could contact the pore walls and thicken into the pore center. Apposition of bone 
in-growth against the walls of the implant or graft matrix is called incorporation. 
An implant or graft is said to be incorporated when the matrix is substantially 
coated with bone in-growth. In addition to traditional measures of osteocompat- 
ibility, 28 studies of animal specimens and human biopsies should ideally utilize an 
easy, accurate, and unbiased system of image acquisition and analysis which 
includes the measurement of specific implant matrix surface area and fraction of 
this area covered by bone in-growth. 29 As exemplified by the data in Table 19.6, 
the tissue response to porous HA implants can result in a high degree of 
incorporation. 
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Table 19.6. Porous HA Matrix Surface Areas (mm 2 /mm 3 ) and Surface Fractions (%) 
Covered by Bone In-Growth in Implant Specimens Retrieved after 11-17 Months (±SD). 37 


Months 

Surface Area 

Surface Fraction 

11 

9.6 ±0.8 

88.8 ±8.8 

12 

9.3 ±0.9 

90.2 ± 6.9 

14 

9.2 ±0.4 

89.3 ± 8.4 

15 

9.3 ±0.4 

96.6 ± 1.8 

16 

9.0 ± 0.6 

92.2 ± 5.6 

17 

9.2 ± 0.7 

90 ± 5.6 

Table 19.7. 

In-Growth. 38 

Crush Strength (psi) in Compressio 

n of HA200 Before and after Bone 


Before 

After 

Orientation 

Mean Range 

Mean Range 

Parallel 

1343 997-1675 

4776 2750-8479 

Perpendicular 

626 257-963 

4529 2475-7562 


19.5.3. Effect on Strength 

In porous HA the tissue responses result in an implant-bone composite 
that significantly changes the original biomechanical properties. A high correla¬ 
tion (r = 0.92) was reported between the bending strength of porous HA and the 
amount of pore space occupied by bone in-growth. 30 In HA200 compressive 
strength was found to increase 3.5-7.2-fold and anisotropy of the original matrix 
was neutralized after bone in-growth (Table 19.7). In HA500 compressive 
strength was found to increase 2.7-6.8-fold after bone in-growth. 12 

19.5.4. Biodegradation 

Two mechanisms — cell mediated and dissolution — participate in the 
biodegradation and resorption of HA in the body. The activity of both of these 
mechanisms is directly related to implant surface area. Because of its lower 
surface area, dense HA has demonstrated very low rates of biodegradation. 
Porous HA, on the other hand, can undergo a significant degree of resorption. 
Scanning electron microscopy of HA cement after setting revealed that it 
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is composed of small petal-like crystals with an interconnected microporosity 
averaging 2-5 nm in diameter. Experimental study of a macroporous form of this 
microporous HA cement has not been reported. However, when a microporous- 
only form of HA cement was used to obliterate the frontal sinus of cats, only 
27% of the HA cement remained after 18 months. 31 HA converted by hydrother¬ 
mal exchange has much larger micropores, 1-5 (Xm in diameter, resulting in a 
much smaller total surface area. Perhaps not surprisingly, converted HA only 
resorbs 1-2% per year. 

The different sequences of biodegradation are probably important from a 
functional point of view. When placed in the cat sinus, a retreating front of HA 
cement resorption was replaced by an advancing front of new bone repair. The 
lack of mechanical strength at this front, of no consequence in the frontal sinus, 
might have serious consequences in a weight-bearing long bone. In contrast, 
HA200 and HA500 demonstrate no bulk front of resorption and replacement. The 
individual HA matrix members of converted HA become thinner by 1-2% per 
year, apparently replaced by bone, resulting in maintenance of the bulk dimen¬ 
sions of the implant and its mechanical strength, until it is finally “thinned” out 
of existence. The mechanisms of biodegradation of these different forms of HA, 
along with the biomechanical consequences, need further study. 


19.6. CLINICAL APPLICATIONS 

Of the different forms of porous HA materials, only the converted HA 
forms, HA200 and HA500, have undergone major clinical trials. Clinical applica¬ 
tions in maxillofacial and orthopedic surgery continue to be evaluated. A repre¬ 
sentative study will be reviewed from each field of application. These studies are 
small and a larger database is required before all indications and contraindica¬ 
tions can be determined. 


19.6.1. Maxillofacial Surgery 

In 92 consecutive patients undergoing orthognathic surgery, a total of 
355 HA200 implants were placed in the maxilla (294), mandible (4), and mid¬ 
face (20). 32 In the 47 patients who had maxillary surgery, 202 implants were 
positioned directly adjacent to the maxillary sinus. Of these 202, 58 were 
placed in a maxillary step osteotomy, 99 in the lateral maxillary wall osteotomy, 
and 45 between the pterygoid plate and maxillary tuberosity. The remaining 
maxillary implants were placed interdentally (53) and midpalatally (36) after 


298 


An Introduction to Bioceramics 2nd Edition 


segmentalization and expansion. Of the 41 mandible implants, 28 were posi¬ 
tioned in the buccal cortical defect left by a sagittal split osteotomy, 10 were 
used for chin onlay, and 3 were used for chin interpositional inlay. Of the 20 
midface implants, 12 were used for the lateral orbital rim, 7 for infraorbital 
only, and 1 for nasofrontal interposition. 

These procedures, representing a broad spectrum of maxillofacial surgery, 
were associated with long-term complications in 4 of the 92 patients (4.3%). One 
patient developed bilateral maxillary sinusitis two months post-surgery, responded 
well to antibiotics and had no further problems. Two patients developed intranasal 
exposure of midpalatal implants which were removed at 6 and 14 months with no 
further problems. The fourth patient had persistent drainage from an interdental 
implant which was removed 21 months after surgery with no further problems. 
Cephalometric measurement and analysis of post-surgery facial bone position 
revealed stability equivalent to that seen after the use of autogenous bone grafts. 
Biopsies taken from 9 patients at 4-16 months post-surgery revealed structurally- 
intact implants that were both united and incorporated. 33 The biopsy specimens 
were composed of 48.5% HA200 matrix (range: 36.5-56.7%), 18% bone (range: 
6.7-31%), and the remainder was soft tissue and vascular space. Up to nine 
months woven bone was still apparent, with longer-term biopsies showing only 
parallel-fiber lamellar bone. 

Another maxillofacial application of interest is the use of HA200 in the 
form of 2-3 mm diameter granules placed in the floor of the maxillary sinus. The 
in-growth of bone into these granules provides more bone stock into which tita¬ 
nium cylinders and screws may be placed for use in dental restoration. In a series 
of four patients receiving implants in five maxillary sinuses, five biopsies were 
retrieved. 34 Histometric analysis demonstrated a mean bone in-growth of 23.1%, 
soft tissue in-growth of 44.9% and HA matrix of 31.9%. After biopsy confirma¬ 
tion of bone in-growth, a total of 12 dental implants were placed and subse¬ 
quently used for dental restoration. Clinical studies of HA200 alone, mixed with 
cancellous autografts and infiltrated with bone marrow aspirate continue. 

19.6.2. Orthopedic Surgery 

A series of 46 patients with traumatic defects of their long bones under¬ 
went reconstruction with HA500 and stabilization with plate and screw fixation. 35 
The mechanism of injury was motor vehicle accident in 32 cases, falls in 10, and 
gunshot injuries in 4. There were 25 men and 212 women, with an average age of 
34.5 years (range: 17-67 years). All operations were performed between six hours 
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Figure 19.5. Illustration of tibial plateau fracture treated with porous HA implant. After 
returning the fragment to its anatomic position, a defect remained in the cancellous interior 
of the metaphysic, which was grafted with blocks of porous HA. 


and five days from the time of injury. No supplemental autogenous bone graft was 
used in any of these 46 cases. 

Metaphyseal (end-shaft) defects arising from axial compression injuries to 
adjacent joint surfaces constituted 34 of the cases. The location of the defect was 
tibial plateau in 23, distal tibia in 4, distal radius in 3, and distal femur in 4. All but 
three cases had displaced osteochondral fragments impacted into the crushed cancel¬ 
lous bone of the metaphysis. Following reduction and rigid internal fixation of all 
major components of the fracture, the resultant metaphyseal defects varied in vol¬ 
ume from 1 to 120 cm 3 (mean: 9.5 cm 3 ; median: 2.5 cm 3 ). A satisfactory press fit of 
the HA500 block was achieved in all cases. An illustrative case is drawn in Fig. 19.5. 

Diaphyseal (mid-shaft) defects, secondary to high energy bending forces, 
constituted the remaining 12 cases. The location of the defect was tibia in three 
cases, femur in two cases, humerus in three cases, radius in three cases, and ulna 
in two cases. The volume of cortical defects implanted with FLA500 ranged from 
1 to 4 cm 3 . An illustrative case is drawn in Fig. 19.6. 

Fracture union was achieved in all cases. As judged by disappearance of 
all cortical and cancellous fracture lines, fracture union occurred at an average of 
28 weeks, identical with that noted in a comparable group of historical autograft 
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Figure 19.6. Illustration of radius fracture in forearm treated with porous HA implant. 
After stabilization with plate and screws, a segment of cortical bone was missing, this was 
then grafted with a block of porous HA. 


controls. Four complications occurred in these 46 patients. These consisted of one 
early loosening of a humeral plate, one soft tissue slough, one contiguous septic 
arthritis, and one loss of reduction followed by a late onset infection. None of 
these complications were attributable to the porous HA implant. 

Biopsy of the HA500 implant was performed in ten patients at the time of 
elective hardware removal. Fluoroscopic imaging was used to ensure that the 
biopsy was taken from the center of the implant. The time from surgery to biopsy 
averaged 11 months (range: 7-18 months). The biopsies cases included seven 
proximal tibial metaphyseal fractures, two distal tibial metaphyseal fractures, and 
one humeral diaphyseal fracture. Histologic evaluation showed compact bone in 
the superficial (cortical) portions of the biopsy specimens with regenerated oste¬ 
ons filling the HA pores. The deeper (cancellous) sections demonstrated normal 
appearing trabeculae in apposition to the HA matrix. Histometric analysis was 
performed on all biopsies and revealed an average bone volume fraction of 
40.7%, HA matrix of 31.8%, and soft tissue and vascular space of 27.5%. 

19.7. SUMMARY 

A variety of possibilities exist for the fabrication of porous HA materials 
with differing porosities, interconnectivities, mechanical properties, surface 
chemistry, and tissue responses. The effects of these differing properties on the 
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success of clinical applications need more study. The diversity of reconstructive 
requirements for clinical defects of the skeleton is great and there is need for 
equally-diverse ceramic implant materials. Because HA materials are so brittle, 
their acceptance by clinicians remains low. New forms of HA materials that 
incorporate collagen or other similar polymers must be developed so clinicians 
can easily shape and fix the implants and that patients can walk without fear of 
failure while bone repair is taking place. (See Chapter 32 for a discussion of 
ceramic-polymer hybrid materials that offer the potential to satisfy this need.) 

The cellular partnership between host repair and an implant providing a 
stroma or interstitium represents an exciting challenge to biomaterials scientists 
and clinicians. Future optimizations of these material and microstructural compo¬ 
nents will be combined with impregnation of bone growth factors and population 
by cultured osteoblast cells to reward the patients, clinician and biomaterials 
scientist with even more predictable and successful surgical outcomes. 


19.8 APPENDIX A 

An Illustration of the Microstructure of Human Cortical Bone. 



The cylindrical osteons or Haversian systems represent the parenchymal 
component of bone. Blood flowing through the Haversian canals supply osteo- 
cytes contained between the osteonal lamellae. Interstitial or stromal bone occu¬ 
pies the space between osteons. Note fenestrations or Volkmann canals in the 
interstitial bone which permit interosteonic passage of blood supply. 
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Chapter 20 

STABILITY OF CALCIUM PHOSPHATE 
CERAMICS AND PLASMA SPRAYED 
COATINGS 

C.P.A.T. Klein, J.G.C. Wolke and K. de Groot 

20.1. INTRODUCTION 

In hard tissue replacement, permanent attachment of limb prostheses or total 
tooth implants, a biomaterial must interface with bone. The biocompatibility of 
implant materials is optimal when the material elicits the formation of normal tissues 
at its surface and establishes a contiguous interface capable of transferring the loads 
which normally occur at the implantation site. To what extent bone-plus-implant 
will be able to function as an integrated mechanical unit depends on: the mechanical 
and physiological characteristics of the living bone; the chemical, mechanical and 
physical properties of the implant; and the interaction between bone and implant. 1-3 

The main inorganic phases of bones and teeth of vertebrates, as well as 
hard tissues of humans, although chemically quite complex, appear to be pre¬ 
dominantly in a single structural state closely resembling that of hydroxyapatite, 
Ca 10 (PO 4 ) 6 (OH) 2 , (HA). Biological apatites are known for their occurrence in 
non-stoichiometric form, usually with low Ca/P ratios, and contain, besides struc¬ 
tural imperfections and defects, substantial amounts of foreign ions such as CO 2- , 
citrate, Mg 2+ and Na + , and trace amounts of Cl”, F, K + , Sr 2 ' and other metal ions 
(see also Chapter 17). 4-6 

The synthetic form has been shown to be chemically and crystallographi- 
cally similar, although not identical, to naturally occurring HA and has thus 
received a great deal of attention for use as bone graft substitute. 7,8 

Calcium phosphate implant materials are composed of the same ions 
which make up the bulk of the natural bone mineral. Because of this, these mate¬ 
rials, when implanted in bone, are capable of participating in calcium phosphate 
solid-solution equilibria at their surfaces. The required calcium and phosphate 
ions needed to establish their equilibria may be derived from the implant, the sur¬ 
rounding bone, or both. 9-11 

The biocompatibility of synthetic HA is not only suggested by its compo¬ 
sition but also by results of in vivo implantation, which has produced no local or 
systemic toxicity, no inflammation and no foreign body response. Many 


305 


306 


An Introduction to Bioceramics 2nd Edition 


investigators have demonstrated direct bone apposition of new bone to HA. This 
bone contact appears to be direct, without an intervening fibrous layer. During 
mechanical testing, fracture often occurs through the bone and/or HA, rather than 
at the bone-HA interface. The intimate bonding of new bone to HA is the main 
advantage of using HA as a bone graft substitute. 12-16 

Calcium phosphate ceramics can be made with properties resembling 
those of hard tissues. Dense ceramics with a compressive strength > 500 Mpa, as 
well as porous ceramics allowing bony in-growth, can be prepared. Another 
approach to influence the processes at the biomaterial-bone interface is the use 
of biomaterials with controlled chemical breakdown characteristics, i.e., bioac¬ 
tive/biodegradable materials. With time, such biomaterials should be totally 
resorbed by the body and replaced by tissues. Consequently, the function of 
totally biodegradable biomaterials is merely to serve as a scaffolding or filler of 
space, thereby permitting tissue infiltration and replacement. Essentially, this is 
the same function as that of bone grafts. A major advantage of the use of resorb¬ 
able bioceramics over autologous bone grafts is a ready supply, controlled varia¬ 
tions in size and elimination of a second surgical procedure. However, a 
disadvantage of this type of bioceramic is the serious strength reduction that 
occurs during the resorption process. Consequently, mechanical design factors 
must be seriously taken into account to prevent fracturing of the resorbable 
ceramic during the intermediate stages of healing. Biodegradable implants are 
preferable when they are used ultimately to restore the normal function of bone. 
These implants should encourage bone growth and facilitate integration of the 
implant with bone, the rate of its resorption should match the rate of the bone 
formation, and the reduction in implant strength should closely match the 
increase in strength of the healing tissues. 

So-called tri-calcium phosphates (TCP) appear to be the most suitable 
bioceramics of this type. 17 With a nominal composition of Ca 3 (P0 4 X, this material 
has a Ca/P ratio of 1.50. TCP is found in two different whitlockite crystallo¬ 
graphic configurations, a-TCP and the more stable (3-TCP. 813 Due in part to its 
crystalline structure, the biodegradation rate of TCP has been shown to be much 
greater than that of HA. 818 While the exact mechanism of biodegradation remains 
unclear, some researchers suggest that when placed in an acidic environment, 
TCP dissolves in situ. 13 Other investigators noted osteoclast-like cells attached to 
the surface of the implanted TCP and suggest a cellular breakdown by 
macrophages. 19 ' 20 

As the material resorbs, new bone fills the area once occupied by the TCP 
implant. While much of the TCP implant is resorbed within the first months, 
some material remains in the defect site for extended periods, perhaps years in 
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humans. 20-22 The material that is not resorbed appears to he incorporated within 
the new bone structure. Resorbable TCP or (3-whitlockite ceramics give rise to 
more bone remodeling activity than HA ceramics. Depending on the Ca/P ratio, 
an irregular or more planar bone formation is present at the ceramic 
surface. 13,24-26 

Data on biodegradability of the different calcium phosphate ceramics (HA 
or TCP, dense or porous) are conflicting. The reported experimental conditions 
show a variety of surgical procedures and animal models. Also, manufacturing 
conditions, crystal structure, Ca/P ratio, impurities, degree and type of porosity 
were not clearly defined. 27 

Because the mechanical properties of calcium phosphate bioceramics are 
limited, they should either be unloaded or loaded only in compression. To achieve 
the high strength necessary for implants, metal alloys can be coated with calcium 
phosphate particles. The bone-bonding capacity of these coatings may help cement¬ 
less fixation of orthopedic prostheses. It has been shown that skeletal bonding is 
enhanced immediately after implantation. 13,28,29 Coatings on metals and other sub¬ 
strates (ceramics, polymers and composites) have been applied by a variety of 
methods including, dip, plasma spraying, electrophoretic deposition, sputter coat¬ 
ing, hot isostatic pressing and ion assisted sputtering (see also Chapter 21). 30,31 

Variations of the material properties of calcium-phosphate coatings affect 
the bone-bonding mechanism and the rate of bone formation. Local supersatura¬ 
tion in the constituent ions of the bone mineral phase, arising from enhanced 
sohd-solution exchange at the coating surface, could be a cause of bone tissue 
growth enhancement. 32 Variation in Ca/P ratios (2.0-1.5), i.e., tetra-calcium phos¬ 
phate, HA and a/(3-TCP, lead to differences in degradability and to differences in 
bone contact. 20,33-35 Composition changes by addition of fluorine to apatite or 
magnesium to (3-whitlockite will also influence the stability of the coating. 36,39 
Understanding the cause of biodegradation of calcium phosphates and enhance¬ 
ment of bone tissue in-growth or bonding requires knowledge of the characteris¬ 
tics of the calcium-phosphate coating itself and the coating process. 


20.2. CALCIUM PHOSPHATE BIOCERAMICS 
20.2.1. Density 

Dense ceramics are usually made by compressing a powder into a pellet, 
which is then subjected to a heat treatment that causes the powder particles to fuse 
by means of solid-state diffusion. Such process is called sintering and is described 
in Chapter 1. Depending on variables such as sintering temperature, time and 


308 


An Introduction to Bioceramics 2nd Edition 


particle size distribution, a dense shape can be produced. “Dense” is defined as 
less than 5% (in volume) porous. Several methods are used to introduce macro¬ 
pores into a bioceramic as described in Chapter 19. 41,42 

Both the material tensile and compressive strength depend on the material 
volume portion occupied by interstices. These interstices or porosities are usually 
classified as comprising either micropores (having a diameter of several microns 
due to the incomplete sintering of the particles) or macropores (having a diameter 
of several hundred microns allowing bone in-growth). 

20.2.2. Stability 

Although calcium phosphate bioceramics are usually obtained by sintering 
at high temperatures, sometimes with the exclusion of water vapor, it is the stabil¬ 
ity at ambient and body temperatures that determines their fate after implantation. 
Since solid-state reactions hardly ever occur at room temperatures, solid, unstable 
phases will only react at their surfaces. If the surface continually dissolves, the 
whole implant may dissolve. If surface reactions lead to the formation of a thin 
layer of a second stable phase, the virtual absence of solid-state reactions causes 
the unstable solid to be stabilized. As Driessens showed, 43 there are only two 
calcium phosphate materials that are stable at room temperature when in contact 
with aqueous solutions, and it is the pH of the solution that determines which one 
is stable. At a pH lower than 4.2, the component CaHP0 4 2H z O (dicalcium phos¬ 
phate) is the most stable, while at higher pH (>4.2), HA is the stable phase 
(Fig. 20.1). High-temperature stability of calcium phosphates is best illustrated 
by the phase diagrams shown in Figs. 20.2-20.4. These focus on temperatures at 
which sintering processes usually take place, 1,000-1,500°C. 

Figure 20.2 shows that when the ambient atmosphere contains no water, 
various calcium phosphates can be found at high temperatures, such as tetra- 
calcium phosphate (=C4P), a-tricalcium-phosphate (a-C3P), monetite (=C2P) 
and mixtures of calcium oxide (CaO) and C4P. HA is not stable under these 
conditions. 

If the partial water pressure is increased from 0 to 50mmHg (Fig. 20.3) 
then the situation is quite different: HA can be found (=Ap). If the ratio Ca/P 
is not exactly equal to 10/6, a wide range of apatite-containing mixtures is 
thermodynamically stable, e.g., tetra-calcium phosphate, triphosphate and cal¬ 
cium oxide (CaO). 

The two phase diagrams. Figs. 20.3 and 20.4, stress the importance of 
temperature, exact Ca/P ratio and partial pressure of water vapor in the ambient 
atmosphere in the determination of stable phases. P-Triphosphate turns into 
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Figure 20.1. Solubility of various phases in the system CaO P 2 0 5 H 2 0 as function of pH 
(horizontal axis). 



Figure 20.2. Phase diagram of the system CaO P 2 0 5 at high temperature (vertical 
axis °C). No water present. 
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Figure 20.3. Phase diagram of the system CaO P 2 0 5 at high temperature (vertical axis °C) 
Water vapor P H ^ 0 = 500 mmHg. 


T,°C 



Figure 20.4. Influence of ambient water vapor pressure (vertical axis P H 0 in mmHG) 
phase composition. 
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Figure 20.5. Enlarged part of Fig. 20.3. Instead of 1,360°C, we use T 2 , and instead of 
1,475°C we use Tj to indicate that these values hold only for P H ^ 0 = 500 mmHG. 


a-triphosphate around 1,200°C; the latter phase is considered to be stable in the 
range 700-1,200°C. 

The importance of partial water pressure is shown more clearly in 
Fig. 20.5, an enlarged part of Fig. 20.3. This diagram shows that for a Ca/P ratio 
higher than 10/6, at temperature of 1,300°C (10 4 /T = 6.4, if T is expressed in °K), 
the stable phase is C3P + C4P, if the vapor pressure is 1 mmHg (log P = 0). The 
stable phases are Ap + C4P at 10 mmHg. Mixtures of Ap + CaO are stable at pres¬ 
sures of around 100 mm Hg. Thus, with a Ca/P ratio exceeding that of apatite by 
only a few percent, stable phases can vary from C3P + C4P(log P H20 = 0), 
Ap + C4(log P =1) and Ap + CaO (log P^ = 2). Control over temperature, 
Ca/P ratio and vapor pressure during sintering provides the stability to produce a 
wide range of well-defined calcium phosphate products. 

If these conditions are not controlled, a less well-defined end product may 
result. 44 Both Ca 2+ and PO 2- ions, as well as the OH - group in HA, can be replaced 
by other ions, several of them present in physiological surroundings, for example 
fluorine, magnesium or carbonate. In synthetic apatite, carbonate can partially 
substitute for OH“ and PO 2- ions in the crystal lattice, while magnesium is incor¬ 
porated only to a very limited extent. Further, these ions decrease the crystallinity 
of synthetic apatite and promote the formation of amorphous calcium phosphate. 
Magnesium ions stabilize triphosphates (see Chapter 17 for details). 
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20.2.3. Biodegradation of Calcium Phosphate Bioceramics 

Biodegradation data on different calcium phosphate ceramics are contra¬ 
dicting. Many authors 18,28,45-50 report rather fast degradation of (3-whitlockite, 
while others 51,53 report a minimal or very slow resorption. Many investiga¬ 
tors 18,54-56 found no degradation of HA, whereas another described resorption. 57 It 
is thought that the chemical composition of the ceramic determines whether or 
not calcium phosphate materials with 1< Ca/P ratio >2 are degradable. 17,50 This 
question has been investigated by Klein et aZ. 35,43,58,59 A well-defined series of HA 
and P-whitlockite crystal structures were investigated, with microporosity rang¬ 
ing from 2 to 55% and with macroporosity of either 0 or 30%. These experiments 
show that the composition, Ca/P ratio, impurities like F - or Mg" and structural 
relationships (micro-/macrostructure) are important factors associated with bio¬ 
degradation. Ceramics with a Ca/P ratio 1.67 are more stable. Microporosity 
plays a more dominant role than the macroporosity. Microporosity determines the 
geometry of “necks” between sintered particles, while macroporosity determines 
the amount of necks in contact with the environment. The “neck” formation 
depends on preparation technique, sintering temperature and the pressure applied 
to compress the powder into a tablet before sintering. Varying the surface chem¬ 
istry by addition of F - or Mg ,+ ions decreased the biodegradation rate. 

LeGeros et al. s studied the influence of the (3-TCP/HA ratios on biodegra¬ 
dation and in vivo transformation. The higher the ratio, the greater the extent of 
dissolution; (3-TCP will dissolve earlier than HA. The processes of dissolution 
and precipitation appeared to occur simultaneously and are correlated with the 
ratio. The resorption of (3-TCP/HA appears to occur simultaneously with bone 
formation. For the same material (HA) and the same pH, dissolution rates vary 
considerably in different buffers. 

Table 20.1 shows that the dissolution rate of HA at pH 7.2 varies from 97.4 
when buffered in citrate to 44.3 in Gomori’s buffer. Without buffers, dissolution 
studies yield quite different results. In addition to Klein et al., 35 Bauer et al. 60 
showed that in deionized water the pH may change from 8.6, when tri-phosphate 
is incubated, to 12.3 for tetra-calcium phosphate. Solubilities decrease rapidly 
with increasing pH; one expects to find a very low apparent dissolution rate for 
tetra-calcium phosphate under such conditions. This explains the finding by 
Adam et al. 61 that dissolution of tetra-calcium phosphate is lower than that of HA. 
When the same buffer is used, HA has a lower solubility rate than both 
tri-phosphate and tetra-calcium phosphate; however, it is uncertain that this is 
relevant in vivo, where the fluids are probably saturated with respect to calcium 
and phosphate. 
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Table 20.1. Concentration of Ca and P (ppm) after One Week Incubation in Various 
Buffers. 


Citrate Gomori’s Deionized H 2 0 

Material Ca P Ca P '’’■SK.jj 


TCP 3 

HA a 

Tetra 3 

TCP b 

HA b 

Tetra b 


85.0 45.9 

97.4 43.8 

70.3 47.9 

153 82.5 

44.0 19.8 

351 127 


48.9 19.6 

44.3 17.6 

77.6 18.6 

17.1 8.0 

10.8 4.3 

94.4 9.0 


4.6 1.7 

5.1 2.2 

9.7 2.2 

3.3 1.5 

44.4 2.3 

8.8 0.2 


“30 mg sintered powder particles/30 ml buffer: b coated plug (=15 mg coating)/30 ml buffer. 


20.3. PLASMA-SPRAYED COATINGS OF CALCIUM 
PHOSPHATE 

20.3.1. Plasma Spray Technique 

The plasma spray technique is described in Chapter 21. The very high 
temperature of plasma spraying can lead to dehydroxylation or phase transforma¬ 
tions in the coating. The transition temperature of tri-calcium phosphate is around 
1,200°C, HA decomposes at 1,300°C, tetra-calcium phosphate and fluorapatite 
are stable above 1,300°C. Hence the capacity of the plasma flame to induce phase 
transitions decreases in this order. However, HA shows dehydroxylation, (3-whit- 
lockite changes to a-whitlockite and tetra-calcium phosphate will turn into an 
HA crystalline structure. Plasma spraying decreases crystallinity. 

Ideally, only a thin outer layer of each powder particle should become 
molten in the plastic state in which phase transition is unavoidable. This plastic 
state is necessary to ensure dense and adhesive coatings, but should comprise a 
negligible volume fraction of the calcium phosphate particles. By choosing an 
optimum relation between particle size and type of gas (heat content of a plasma, 
and thus ability to increase the temperature of a particle, depends strongly on the 
gas used), speed of the plasma (the longer a particle resides in a plasma, the 
higher its temperature) and cooling process of the coated surface, one obtains 
coatings with the desired calcium phosphate(s) and crystallinity. 

Figure 20.6 shows the influence of different plasma gases on the coating 
crystallinity. Plasma gas argon mixed with hydrogen gives a higher degree of 
crystallinity, but without hydrogen the powder particles cannot enter the gas. This 
is because the high velocity and viscosity of the argon gas causes the particles to 
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Plasmaspraying of HA 

difference in plasmagas 


crystallinity in % 



% Hydrogen 

—^Nitrogen -+- Argon 

Figure 20.6. The influence of different plasma gases on the crystallinity of the coating. 


hickness (microns) 


% Hydrogen 

Figure 20.7. The influence of different plasma gases on the thickness of the coating. 


bounce back from the flame, instead of entering. Figure 20.7 shows that the 
plasma gas nitrogen gives a thicker coating layer compared to argon. An impor¬ 
tant criterion is the calcium oxide formation which can react with water and 
destroy the coating layer. Figure 20.8 shows that using higher hydrogen content 
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0 2 4 6 

% Hydrogen 

" Nitrogen '+■ Argon 


Figure 20.8. The influence of different plasma gases on the % calcium oxide in the 
coating. 


results in more calcium oxide than the use of nitrogen only. Hydrogen leads to 
more enthalphy in the flame and a lower flame velocity, thus the particles undergo 
more melting and decomposition. 


20.3.2. Physico-Chemical Properties 

An important aspect of plasma-sprayed ceramic coatings is their thick¬ 
ness. A mismatch in thermal properties coupled with the fast coating rate of the 
coating material during the plasma spray process gives rise to stresses in the coat¬ 
ing and substrates; these stresses increase with the thickness of the coating. The 
compressive stress at the coating-substrate interface weakens the bond strength, 
therefore, the thinner the coating, the higher its bond strength. 

It has been shown (through finite element analysis) that bond strength usu¬ 
ally suffers from significant stress concentration effects. Since these effects are a 
function of variation in elastic modulus, the testing method, shape of testing 
sample and thickness of the brittle layer, bond strength measurements have only 
a relative value. 

For plasma-sprayed coatings, two methods are used to determine bond 
strength. 
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Table 20.2. Tensile Strength of Different Glues. 



Strength 

Failure Mode 

n 

Araldite® AV 118 

60.8 MPa 

100% Glue/HA 

5 

3M 

38.3 MPa 

100% Glue/HA 

5 

Lee Insta-Bond 

5.4 MPa 

100% HA/Ti 

3 

Concise 

11.7 MPa 

100% HA/Ti 

3 


Table 20.3. 

Tensile Strength of Different Coating Thickness Glued with Araldite® AV 118. 


Strength 

Failure Mode 

n 

40 pm 

66.8 MPa 

100% Glue/HA 

5 

80 pm 

60.7 MPa 

100% Glue/HA 

5 

120 pm 

45.3 MPa 

100% HA/Ti 

2 


1. Scratch testing, in which a sharp needle under a given weight necessary to 
reach the underlying metallic surface is an indication of the comparative 
“bond strength”. 

2. Tensile and shear testing, in which, by means of a glue, loads normal and 
parallel, respectively, are applied to the ceramic coating. The loads expressed 
in force per area are the tensile and shear strength, respectively. 

HA coatings have only been subjected to the second test: tensile and shear 
strength determination. We have coated rods with a layer of 50 pm. For tensile 
strength measurement we coated the cross section (having an area of 0.95 cm 2 ), and 
for shear strength, the cylindrical surface. Araldite® AV 118 glue was used to apply 
a force. For tensile strength the glue was put on the coated cross section and then 
subjected to a normal force (in tension). The values were in the order of 70 MPa, and 
the failure mode occurred at the glue-HA interface. The measured values therefore 
represent more the adhesive strength in shear; the coated rod was potted into the glue 
and then pulled out of it. We found values of around 30 MPa and, due to the fact that 
shearing results in wear attrition, it was not possible to determine the mode of fail¬ 
ure, although usually more than half of the coating still seemed to be present. 

Our values are about twice as high as those reported by Kay et al. 50 Since 
we found that our strength actually represented the adhesive strength of the glue, 
it might well be that Kay et al. used another type of glue, and hence also meas¬ 
ured an “apparent” bond strength instead of the true one, where the failure mode 
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should have been at the right interface. The roughness of the coating is important 
if the main failure mode is at the glue-ceramic interface; increasing the roughness 
increases the contact area, and hence, the “apparent” bond strength. 

20.3.3. Bone Attachment of Plasma Sprayed Calcium Phosphate 
Coatings (Push-Out Test) 

The thickness of the coating is a primary influence on the strength of the 
coated device. A thick coating will have mechanical properties that are somewhat 
similar to that of the bulk material. If the coating is too thick, it spalls from the 
metal. 

Mechanical and histological evaluations of uncoated and plasma-sprayed 
HA were performed. The attachment characteristics of interface shear strength 
were determined by mechanical push-out testing. The results showed variability, 
probably due to different implantation procedures (cortical or cancellous bone, 
loaded or unloaded), different coating techniques (grit-blasted titanium surface, 
particle size) and/or treatment of the tissue-implant sample before the push-out 
test (formaldehyde fixation or fresh wet bone). However, with identical specimen 
preparation, there still exists a large scatter in data (Table 20.4). 

Dhert et al. 36 has studied, with finite element analysis, the push-out test 
and the effect of varying conditions of the push-out model on the interfacial shear 
strength. Distance between implant and support jig is very critical for the occur¬ 
rence of peak stresses in the interface. The clearance of the hole in the support jig 
should be at least 0.7 mm, to give the most uniform distribution of stresses along 
the interface. Many researchers have reported that clearance should be minimal, 


Table 20.4. Mean Push-Out Strength (MPa) +SD of Various Studies on HA Coatings. 


Week 

Boone 

Cook 

Dhert 

Geesink Geesink Klein 

Poser Verheyen 

3 





2.9 -s- 0.3 

4 

5.8 + 0.8 





5 


7.0 - 5 - 3.2 




6 




49.1-5-2.3 

5.8 - 5 - 0.4 

10 


7.3 - 5 - 2.2 




12 

8.2 + 2.8 


13.2-5-2.1 

54.8 + 2.6 34.5-5-6.5 8.2 + 1.1 

9.8 -s- 3.8 

25 



17.3-1-6.1 


3.3 - 5 - 0.4 

104 




29.7 


108 




44.0 
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however, this will lead to unrealistically low apparent push-out strength values. 
Variations of the Young’s modulus of the implants resulted in a wide range of 
interface shear stresses. A low Young’s modulus results in considerably higher 
stresses at the medial site of the cortex, from which the load is applied on the 
implant. A high modulus results in slightly higher stresses at the lateral site of the 
cortex, where the jig edge supports the bone. In this situation the interface stress 
distribution is much more uniform compared to the situation with a low Young’s 
modulus implant. Only materials with similar Young’s modulus can be compared. 
Variation of the cortical thickness showed a reciprocal relationship between corti¬ 
cal thickness and interface shear strength. The diameter of the implant hardly 
affected the interface stress distribution. 

20.3.4. Biodegradation of Calcium Phosphate Coatings 

Variations of the material properties of calcium phosphate coatings affect 
the bone-bonding mechanism and the rate of bone formation. Local supersatura¬ 
tion in the constituent ions of the bone mineral phase, arising from enhanced 
solid-solution exchange at the coating surface, may be a cause for the bone 
growth enhancement. 

Variation in Ca/P ratios (2.0-1.5), i.e., tetra-calcium phosphate, HA and 
a/B-TCP, lead to differences in degradability and differences in bone bonding. 
HA (Ca/P ratio 1.67) and tetra-calcium phosphate (Ca/P ratio 2.0) give a strong, 
intimate bone contact. a-TCP and uncoated titanium evoked remodehng of bone 
and less bone contact. 

Composition changes by addition of fluorine to apatite or magnesium to 
(3-whitlockite also influence the stability of the coating. HA showed lower push- 
out data (not significant) and higher degradation of the coating than fluorapatite. 
Magnesium whitlockite showed significant lower bone contact and push-out data 
and higher degradation. Parallel in vitro solubility studies showed that the solubil¬ 
ity of tetra-calcium phosphate and a-TCP is much higher than that of HA. 
Fluorapatite showed lower solubility than HA, while magnesium whitlockite 
shows a very high solubility. Understanding the causes of enhancement of bone 
tissue in-growth bonding requires knowledge of the characteristics of the calcium 
phosphate coating and the coating process. 20,36 ' 37 

The particle size distribution should be not too broad, otherwise the parti¬ 
cles do not melt uniformly; some will be overheated or vaporized. Differences in 
particle size of the sintered powder used for plasma spraying gives differences in 
crystalline/amorphous structure of the coating. A particle size distribution of 
1-45 pm gives a coating with an almost totally amorphous structure, due to the 
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complete melting of the very small particles. However, fluorapatite coating with 
this particle size distribution (1-45 pm) gives a crystalline coating comparable 
with a distribution of 1-125 pm. The powder port used may influence the crystal¬ 
linity and stability of the coating. A heat treatment after the plasma spraying can 
have an effect on the coating properties, because recrystallization occurs. 

In vitro and in vivo experiments established the factors which may influ¬ 
ence coating stability, solubility, crystallinity and bone tissue response. Factors 
involved with the plasma spray-coating procedure, such as starting powder com¬ 
pound (FA, HA, Mg-TCP or Tetra-calcium phosphate), powder particle distribu¬ 
tion (1^45 pm, 1-125 pm) of HA versus fluorapatite coatings (HA-45, HA-125, 
FA-45 and FA-125), the plasma spray powder port factor (2 or 6) of HA coatings 
(HA 45/2 , FLA 45/6 , HA 125/2 , FLA 125/6 ) and the effect of post heat treatment of 1 hour at 
600°C were examined. In the in vitro study the materials were compared using 
solubility tests. X-ray diffractrometry and scanning microscopy. The different 
coatings were incubated in buffer solutions for three months and at different time 
intervals the Ca and P concentrations were measured. Before and after incubation 
the non-heat-treated and heat-treated coatings were examined by X-ray and SEM. 
Solubility (Table 20.5) and crystallinity (Fig. 20.9) depended on Ca/P ratio, par¬ 
ticle distribution and post-heat treatment. 


Table 20.5. Solubility of Different Calcium Phosphate Coatings. 



Ca^ 

citrate 

Ca^ 

gomori 

P Citrate 

P" Gomori 


FA-45 

325 

150 

153 

56 

No 


150 

80 

83 

35 

H.T. 

FA-125 

325 

120 

150 

47 

No 


170 

70 

82 

31 

H.T. 

HA-45/2 

400 

330 

184 

127 

No 


360 

200 

184 

80 

H.T. 

HA-45/6 

400 

240 

175 

99 

No 


400 

225 

195 

93 

H.T. 

Mg-TCP 

500 

800 

152 

275 

No 


500 

800 

210 

300 

H.T. 

TETRA 

400 

450 

118 

75 

No 


220 

150 

76 

27 

H.T. 


No=no heat treatment, H.T.=heat treatment. 
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CRYSTALLINITY 

Peak Height 


counts 



1 I Non-Heated H9 Heated 

Figure 20.9. The peak height at 25.7° and 29° of the XRD patterns of HA coatings 
before and after a heat treatment. HA-125 coatings are more crystalline than HA-45. Heat 
treatment increased the crystallinity for all HA coatings. 


X-ray diffraction (XRD) patterns of FA-45 and FA-125 plasma-sprayed 
coatings showed a well crystallized material. XRD patterns of HA-45 coatings 
compared with HA-125 coatings showed almost entirely amorphous phases of 
HA-45 and a more crystalline HA-125 coating. 

After heat treatment of the different plasma sprayed coatings, FA coatings 
showed no significant change in crystallinity and HA-45 and HA-125 coatings 
showed a higher crystallinity. A difference in powder port factor did not affect the 
degree of crystallinity. XRD patterns of fluorapatite coatings (FA-45, FA-125) 
demonstrated both in non-heat-treated and heat-treated coatings a crystalline 
structure. The crystallinity of fluorapatite was hardly altered by factors such as 
temperature (lhr, 600°C) or particle size distribution (1-45 pm, 1-125 pm). 
However, during plasma spraying HA decomposes. XRD patterns of HA coatings 
showed less crystallinity. HA-45 especially showed an amorphous structure, prob¬ 
ably because of the complete melting of the very small particles. HA coatings 
became more crystalline after a heat treatment, probably because of recrystalliza¬ 
tion (Fig. 20.10). The post-heat treatment influenced both crystallinity and degree 
of solubility. The plasma spray powder port factor examined for HA coatings was 
not very significant. Incubation of different calcium phosphate coatings showed 
precipitation of Ca 2+ and P~ ions at the surfaces of nearly all non-heat-treated 
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Figure 20.10. XRD patterns of: (above) non-heat-treated HA-45 coating after incuba¬ 
tion in Gomori’s buffer; (middle) heat-treated HA-45 coating; (below) non-heat-treated 
HA-45. 


coatings (HA, Mg-TCP, Tetra) except FA coatings. In all heat-treated coatings no 
precipitation was observed (Figs. 20.11a and 20.11b). 

In in vivo experiments the same factors were studied in relation to coating 
stabibty and bone tissue response. Different calcium phosphate plasma-sprayed 
coatings were implanted in goat femora for three months. After the implantation 
period the samples were prepared for histology and histometry. 
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Figure 20.11a. SEM photographs of different calcium phosphate coatings without a heat treat¬ 
ment and after three months incubation in Gomori’s buffer. From top to bottom: TETRA, Mg-TCP, 
FA-45 and HA-45. All coatings except FA showed precipitation of calcium and phosphate. 
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Figure 20.11b. SEM photographs of different calcium phosphate coatings with a heat 
treatment and after three months incubation in Gomori’s buffer. From top to bottom: 
TETRA, Mg-TCP, FA-45 and HA-45. No coating showed precipitation of calcium and 
phosphate. 
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Figure 20.12. HA-45 coating implanted in goat femur for three months. Signs of degra¬ 
dation give rise to high cellular response (left). Heat-treated HA-45 coatings were more 
stable (right). 



Figure 20.13. Both FA-45 coating (left) and FA-45 heat-treated (right) showed a highly 
stable, less cellular response and more direct hone contact. 
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An enhancement of the coating stability of HA-45 and HA-125 because of 
a heat treatment after the plasma spray procedure was demonstrated. Increased 
crystallinity, caused by recrystallization during heat treatment, is probably the 
reason for the promoted stability. The enhanced stability of HA coatings leads to 
increased direct bone contact. It was found that a-TCP coatings evoked more 
remodeling activity than the more stable HA coatings during the first weeks of 
implantation; after a longer period the difference in bone response is less. Also, 
this study demonstrated that the stable FA and heat-treated HA coatings were 
incorporated into the bone, with the formation of lamellar bone next to the 
implants and with little remodeling, while the more unstable non-heat-treated HA 
coatings showed remarkable remodeling and cellular response. In the first months 
of implantation, less stable coatings can induce high bone remodeling activity 
with fewer bone contacts (Figs. 20.12 and 20.13). 


20.4. CONCLUSIONS 

There were few effects of powder port (2 or 6) on HA coatings in vivo. 
However, a heat treatment enhanced the coating stability of both HA coatings 
prepared with powder port 2 and 6. Comparing the XRD pattern data of HA coat¬ 
ings with coating stability data, it seemed that in vitro tests showed that heat 
treatment and particle size were factors that influenced the degree of crystallinity, 
while in vivo only the heat treatment factor is clearly detectable. Comparing data 
of an in vitro solubility study of HA coatings, it also seemed that the heat treat¬ 
ment is the most significant factor influencing stability/solubility of the coating. 
FA-45 and FA-125 non-heat-treated coatings showed a significantly higher stabil¬ 
ity than the HA coatings, which were not further improved by a heat treatment. 
The degree of crystallinity of FA coatings was also not altered by a heat treat¬ 
ment. FA coatings are very stable and not subjected to factors such as particle size 
distribution or temperature. Comparing the FA data of the in vitro study with the 
in vivo study, it appeared that after a heat treatment the solubility was decreased 
significantly, while crystallinity, coating stability and bone tissue response for 
non-heat-treated and heat-treated FA coatings remained similar. 
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Chapter 21 

HYDROXYAPATITE COATINGS 

William R. Lacefield 


21.1. INTRODUCTION 

Ceramic coatings are used on metallic substrates in a variety of applica¬ 
tions, including enhancement of corrosion resistance of a metal or the creation of 
a more refractory surface for high temperature service. In the biomedical field, 
coatings have been used to modify the surface of implants, and in some cases to 
create an entirely new surface, which gives the implant properties which are quite 
different from the uncoated device. 1 Because of its similarity to the inorganic 
component of bone and tooth structure, synthetic hydroxyapatite [Ca 10 (PO 4 ) 6 (OH) 2 ] 
(HA) was one of the first materials considered for coating metallic implants. As 
bulk HA is brittle and relatively weak when compared to common implant metals 
and alloys and high strength ceramics like aluminum and zirconium oxides 
(Chapter 2), the best use of HA in load-bearing implant applications is as a coat¬ 
ing on one of these stronger implant materials. In spite of the relatively good 
tissue response to metallic implant surfaces, such as the passive titanium oxide 
layer present on titanium, with the use of calcium phosphate materials as coatings 
it is possible to present a surface which is conducive to bone formation. 2 

One reason for the use of HA or a similar calcium phosphate surface is to 
cause earlier stabilization of the implant in surrounding bone. This is the case, for 
example, in a dental implant, where the healing time is reduced and the prosthetic 
attachment can be placed earlier. Another reason to use an HA coating is to 
extend the functional life of the prosthesis, as in the case of a cementless hip 
prosthesis, stabilized by the HA coating in the surrounding femur without the use 
of polymethylmethacrylate bone cement. Under the proper conditions a cement¬ 
less prosthesis should remain functional longer than a cemented device in which 
stability is threatened by fracture of the bone cement after a limited number of 
years in service. 

The specific function of an implant should be considered when determin¬ 
ing what properties are desired in a coating. For example, a carbon coating on a 
heart valve prosthesis increases wear resistance and provides a non-thrombogenic 
surface to the device (Chapter 24). Where HA coatings are used currently, these 
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two factors are not of primary importance. Of major importance is that the HA 
coating enables the implant to present a surface to the surrounding bone or soft 
tissue which will elicit the optimum tissue response. Not only does the surface 
need to be of a composition that is conducive to the proper tissue response, but 
the breakdown of the coating or the release of ions from the coating should not 
cause an adverse reaction. Dense HA has a very low dissolution rate in neutral 
and alkaline aqueous solutions (Chapters 17 and 20). If there is a decrease in 
density or crystallinity or if non-HA material is created during the coating pro¬ 
cess, the dissolution rate can be much greater. This does not rule out the possibil¬ 
ity that some coating dissolution can take place without compromising 
biocompatibility; in fact, the presence of Ca and P0 4 ions in the area around the 
implant may be more conducive to bone formation than a surface which does not 
release ions. 

A coating should be strongly bonded to the metal substrate to maintain 
implant integrity as well as to facilitate proper transmission of load from 
the implant to the surrounding bone. An HA coating which separates from the 
implant in vivo would provide no advantage over an uncoated implant and 
may be less desirable than no coating at all. In a worse case condition, a weakly- 
bonded HA coating may separate from the implant and fragments of the coating 
would be in close proximity to the bare metal surface. Any movement of the loose 
ceramic coating fragments on the substrate surface could result in disruption of 
the passive oxide layer on metal surfaces, such as TiO z on titanium and Cr 2 0 3 on 
cobalt-chromium alloys. Although reformation of the oxide layer occurs quite 
rapidly, a momentary increase in metallic ion release will take place. Also, the 
oxide that forms under in vivo conditions existing at the time of reformation may 
not be as passive or protective as was the previous oxide layer. 


21.2. PROCESSING 

Industrial and laboratory techniques used for coating HA and other 
ceramic materials onto metallic substrates include plasma spraying, electropho¬ 
retic deposition, sputtering and hot isostatic pressing. The plasma spray method 
will be discussed in detail, as it is currently the most widely-used method for 
coating commercially-available implant devices with HA. 1-4 A number of alterna¬ 
tive ways of coating implants with HA are briefly reviewed, as the use of some 
of these provide coatings which are essentially 100% crystalline HA or are poten¬ 
tially advantageous in particular applications, such as for coating porous-surfaced 
implants. 


Hydroxyapatite Coatings 


333 


The first consideration in evaluating methods for producing HA coatings 
is whether the composition and properties of the starting material are altered so 
that the in vivo performance of the coating is compromised. 5 This alteration can 
be either contamination of the coating by foreign materials or changes in the basic 
structure and chemistry of the starting material due to exposure to high tempera¬ 
tures during processing. One source of contamination of HA coatings can occur 
due to the breakdown of the equipment used, such as the copper anode nozzle in 
the plasma-spraying process. Other deposition techniques have different sources 
of contamination, such as the electrolyte solution used in the electrophoretic 
deposition method. 

Another potential problem area, in addition to the alteration of the HA or 
other coating material during deposition, is that changes in the substrate itself 
may occur if it is subjected to high temperatures for an extended period. This may 
occur either during deposition of the coating or during a subsequent heat treat¬ 
ment, which may be used to increase density or crystallinity of the coating. It is 
possible that during high temperature heat treatment or sintering any of the avail¬ 
able metallic substrate materials can be adversely affected by excessive time and 
temperature combinations. A decrease in mechanical properties of metallic sub¬ 
strates may result from a number of microstructural changes, including grain 
growth in wrought alloys of titanium and stainless steel, changes in the a-(f 
structure of titanium alloy and embrittlement of cast cobalt-chromium alloys by 
carbide precipitation at the grain boundaries. These changes are not likely to 
occur with ceramic substrate materials, such as aluminum oxide. 


21.2.1. Plasma Spraying 

Plasma spraying, the most common means of applying HA coatings to 
implant devices, employs a plasma, or ionized gas, partially to melt and carry the 
ceramic particulate onto the surface of the substrate. 1 ' 3 In flame spraying, another 
thermal spraying technique, the carrier gasses are not ionized and the tempera¬ 
tures generated are considerably lower than in plasma spraying. 

A schematic of a typical plasma-spraying process is shown in Fig. 21.1. 
The carrier gas is usually argon, which is ionized as it passes within the high tem¬ 
perature discharge zone as the current arcs across the gap between the anode and 
the cathode. The nozzle of the plasma gun is kept from melting by water cooling, 
as temperatures developed in the plasma may exceed 10,000°C. As the ceramic 
particulate remains in the heated plasma zone for only a fraction of a second, usu¬ 
ally only partial melting of the powder takes place. Distance of the substrate from 
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Figure 21.1. Typical plasma-spraying operation with powder fed into the plasma stream 
internally. 


the plasma is one of the critical factors controlling the degree of melting of the 
particle and the ability of the particulate to flow into a dense coating. One advan¬ 
tage of the plasma-spraying process is that during the coating process the substrate 
remains at a relatively low temperature (generally less than 300°C), so the 
mechanical properties of the metallic implant materials are not compromised. 

Other factors which influence the degree of melting of the particulate dur¬ 
ing plasma spraying include the variables controlling the temperature of the 
plasma, such as current, anode-cathode gap distance, and gas mixture. The car¬ 
rier gas may he pure argon, but hotter plasma is produced by small additions of 
hydrogen or other gases. A gas composition of 90% Ar, 10% H gives significantly 
hotter plasma than 100% Ar, with other conditions remaining constant. 

Another factor influencing the degree of melting of the particulate is the 
position at which the material enters the plasma stream. If the material enters 
within the nozzle near the start of the plasma zone, it is known as an internal feed 
system. If the powder is fed into the plasma outside the nozzle, it is an external 
feed system. As the material stays longer in the plasma for the internal feed sys¬ 
tem, lowering plasma temperatures can usually be used to achieve the same 
degree of melting as the external feed system. 

Plasma spraying of HA usually takes place under normal atmospheric 
conditions, as opposed to the plasma spraying of some metallic powders during 
which a vacuum or an inert atmosphere is used to minimize oxidation. The higher 
heat-transfer conditions present during atmospheric plasma spraying results in 
greater deposition efficiency for HA and other ceramic materials when compared 
with plasma spraying in a vacuum. 
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Figure 21.2. Formation of plasma-sprayed HA coating on surface of grit-blasted metal 
substrate. 


Pure, 100% crystalline HA particles in the 20-40 (tm range are typically 
used as the starting material for plasma spraying. When the softened particulate 
impinges on the substrate surface, individual particles deform into characteristic 
shapes called “splats”. Figure 21.2 shows a schematic of the formation of a 
plasma-sprayed HA coating on a metal substrate surface. Three passes of the HA 
spray are typically made for any given area of the implant surface. Deformation 
and spreading of individual particles takes place on impact with the substrate, and 
the final coating thickness typically averages 40-60 pm. The flow of the softened 
HA is usually sufficient to form a dense coating with less than 2% residual 
porosity. 

HA coatings produced by the plasma-spraying process typically contain 
considerable amorphous calcium phosphate material and small amounts of crys¬ 
talline phases other than HA (see Chapter 17). It is possible to increase the crystal¬ 
linity and in some cases the bond strength of plasma-sprayed HA coatings by a 
post-deposition heat treatment. However, this extra step is usually not feasible 
commercially because of factors such as the adverse effects of the annealing tem¬ 
perature on the mechanical properties of the substrate metal or alloy, the time and 
expense of the additional operation and the contamination of the HA surface. 

21.2.2. Other Coating Techniques 

Because of the difficulty in producing highly-crystalline coatings and 
reproducibly high bond strength using the plasma-spraying technique, other 
coating methods have been investigated for commercial applications. 1 

1. An electrophoretic deposition process, in which HA particulate is suspended 
in an alcohol or other suitable solution and then subjected to an electric field, 
is a method which deposits the HA on an implant surface with minimal 
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alteration of the starting material. This is a useful technique for placing HA 
on porous surfaces which cannot be completely coated with line-of-sight 
techniques such as plasma spraying. 6 However, as the HA is only weakly 
deposited and the individual particles are not bonded together, high 
temperature sintering is necessary after deposition. Because of low bond 
strength, electrophoretically-deposited coatings are perhaps best used for 
porous implant designs where the presence of an HA coating is only neces¬ 
sary for a limited time period. 

2. Hot isostatic pressing (HIP) can be used to densify HA powder placed on the 
surface of a metallic implant. In order to achieve a uniform application of 
pressure on the particulate mass, an encapsulation material (e.g., a noble 
metal foil) is necessary. The advantage of the method is that lower sintering 
temperatures (less than 900°C) are required to attain densification and bond¬ 
ing of the HA coating, thus the chances of altering the microstructure or 
mechanical properties of the metal substrate are reduced. 

3. Ion beam sputtering and radio frequency (RF) sputtering are thin film deposi¬ 
tion techniques in which a target material is bombarded with an ion beam in 
a vacuum chamber, and atomic-sized fragments of sputtered material form 
coatings on suitably placed substrates. The typical coatings sputtered from an 
HA target are amorphous on deposition, as the sputtered components from 
the HA target (Ca, P, O and H) do not possess enough energy to recombine 
into HA. A heat treatment in the order of 500°C is usually sufficient to pro¬ 
vide enough thermal energy to form a crystalline coating that is predomi¬ 
nantly HA. Although sputter-deposited coatings generally have better bond 
strength and mechanical properties than thick coatings, the durability of thin 
1 pm coatings in the body has not yet been demonstrated. 

4. Thermal spray techniques other than plasma spraying are also potential can¬ 
didates for the production of commercial HA coatings on implants. One 
approach involves the use of the high velocity oxy-fuel (HVOF) technique. 
In this method the much higher velocity of the particles causes them to fuse 
and flow into irregularities on the metal surface more easily, in spite of being 
subjected to much lower temperatures than plasma spraying, thus the initially 
high crystallinity of the HA can be maintained. 


21.3. COMPOSITION 

The composition of plasma-sprayed HA coatings is somewhat different to 
that of the starting material, as might be expected because of the high degree of 
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Figure 21.3. SEM micrograph of plasma-sprayed HA coating surface showing partially 
melted structure with some porosity and microcracks (500X). 


melting experienced by the ceramic particulate. 7-10 There are several analytical 
techniques which are useful for evaluation and analysis of HA coatings. 
Observation of the coating surface by scanning electron microscopy (SEM) or 
light microscopy (LM) can be useful prior to the use of other techniques which 
determine the composition and physical properties. 

Figure 21.3 is an SEM showing a typical plasma-sprayed surface of HA on 
a Ti substrate. The structure appears to be highly melted, with little evidence of the 
crystalline nature of the coating at this magnification, although comparison of 
X-ray diffraction (XRD) patterns showed the crystallinity on this particular speci¬ 
men to be on the order of 50%. Other features of the surface include very low 
porosity levels, another indication of the high degree of melting experienced by the 
HA particulate. Also, microcracks can be observed scattered throughout the struc¬ 
ture of plasma-sprayed HA coatings, perhaps as a result of a very rapid cooling rate. 

XRD has been widely used as a means of determining the composition and 
structure of plasma-sprayed HA coatings as well as for estimating the percentage 
of crystallinity and identifying secondary crystalline phases generated as a result 
of the high temperature spraying process. 7-8 Figure 21.4 shows a diffraction pat¬ 
tern of HA powder prior to plasma spraying. In the plot of the intensity vs 20, 
there are numerous sharp peaks and a low background, indicative of highly- 
crystalline HA material. Figure 21.5 is an XRD pattern of the resulting plasma- 
sprayed coating, made using the powder with the diffraction pattern given in 
Fig. 21.4. Several changes in the diffraction pattern can be noted, including an 
increase in the background area under the peaks. Truly amorphous materials 
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exhibit only a “glass bulge”, with no sharp peaks discernible. A slight bulge in 
combination with peaks indicates a material which is partly crystalline and partly 
amorphous. A second change in the pattern would be the appearance of new 
peaks, as indicated by arrows to the left. These new peaks are indicative of one or 
more crystalline phases which have been generated by the plasma-spraying pro¬ 
cess, such as a and (3-tri-calcium phosphate, calcium oxyphosphate, calcium 
pyrophosphate, or calcium oxide. Matching of diffraction patterns to determine 
other crystalline phases has to be made with care because of possible overlapping 
of some of the major peaks. 

Lattice parameter determination by XRD is another way to find out 
whether changes have taken place in the HA as a result of the coating process or 
subsequent exposure to a physiologic solution. HA normally possesses a hexago¬ 
nal structure with a P63/m space group with lattice parameters of a = b = 9.42 A 
and c = 6.88 A. If the HA is pure and free of vacancies a monoclinic form with 
the space group P21/b can exist. Any changes in the lattice composition due to 
the substitution of fluorine, carbonates etc. alters the a and c lattice parameters 
(see Chapter 17 for details). 11 
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Other analytical techniques, such as Fourier transform infrared analysis 
(FTIR) and Raman spectroscopy, can provide structural information in addition 
to that obtained by XRD analysis. 1 FTIR is a technique which is sensitive to the 
asymmetrical vibrational modes of groups such as P0 4 and OH and is therefore 
useful in determining changes which take place in the relative concentrations of 
those groups. Figure 21.6(A) is the FTIR spectrum of pure HA powder prior to 
plasma spraying, and Fig. 21.6(B) is the plasma-sprayed coating using the same 
powder. One of the absorption bands for phosphate groups occurs at 1,090 cm -1 . 
The larger bulge in the left side of the spectrum is indicative of amorphous mate¬ 
rial or the presence of moisture. The decrease in the absorption bands at 3,572 
cm -1 for the coating indicates that some of the OH groups were driven off during 
the high temperature process. The FTIR spectrum can be also be used to deter¬ 
mine the presence of carbonate in the coatings and other crystalline phases such 
as calcium pyrophosphate (Ca 2 P 2 0 7 ). Raman spectroscopy, a technique which is 
sensitive to symmetrical vibrational modes, has also been valuable for evaluating 
certain changes that occur in plasma-sprayed HA coatings, such as the loss of 
OH, which are not readily determined by XRD. Additional information on the 
characterization of calcium phosphate phases is given in Chapter 17. 
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Figure 21.6. (A) FTIR spectrum of HA powder. (B) FTIR spectrum of plasma-sprayed 

HA coating. 


21.4. PROPERTIES 

Two important properties of plasma-sprayed HA coatings are bond 
strength to the implant and dissolution rate in solution. 12 Bond strength measure¬ 
ments are often used by manufacturers for purposes of quality control, as small 
changes in the conditions of the plasma-spraying process can cause major altera¬ 
tion of the adherence of coating to substrate. 

The most commonly-used method of determining tensile bond strength 
involves the coating of a metallic disc followed by testing utilizing a variation of 
ASTM C633. To test the adherence of HA coatings to an implant material such 
as titanium, the surface of the substrate disc is first prepared in the same way as 
the actual surface on an implant, using all cleaning and grit blasting steps. The 
coated disc is then fixed to a stainless steel rod and bonded to another rod using 
a heat cured epoxy, as shown schematically in Fig. 21.7. The two rods are pulled 
in tension until failure occurs, with exact alignment retained during the test. The 
tensile strength is then calculated by dividing the load at failure by the cross- 
sectional area of the disc. 

The tensile bond strengths of plasma-sprayed HA coatings on various 
substrate metals reported in the literature range from less than 7 MPa to more than 
80 MPa, depending in large part on the measurement technique used, although 
other factors such as coating conditions and surface roughness of the substrate 
certainly affect the values obtained. The use of heat-cured epoxy is somewhat 
controversial because of the possibility of the epoxy penetrating through the coat¬ 
ing to the metal interface and artificially-strengthening the bond. Plasma-sprayed 
HA is melted more completely (and is therefore denser) than the typical thermal- 
sprayed ceramics such as A1 2 0 3 , so penetration of epoxy is not as much of a 
problem. Factors such as compressive stresses generated during cooling of the 
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Figure 21.7. Tensile bond testing of HA-coated specimens using a modified ASTM 
C633 procedure. 


heat-cured epoxy are additional sources of error in bond test measurements of 
plasma-sprayed HA coatings. 

The roughness of the substrate is of primary importance in achieving high 
bond strength of a plasma-sprayed HA coating, and coarse aluminum oxide grit 
is generally used to roughen the implant surface prior to deposition. The bonding 
of the plasma-sprayed HA coatings to metal appears to be entirely mechanical in 
nature, as there is no evidence of any degree of chemical bonding in as-deposited 
coatings. 12 

The dissolution rate of HA coatings is of interest because a rapidly-dis¬ 
solving coating may not remain on the implant for a sufficient time to allow full 
stabilization in bone or the desired tissue response in vivo, as discussed in 
Chapter 20. A coating which is breaking down quickly in vivo will release a 
higher quantity of Ca and P0 4 ions to the surrounding tissues than a more stable 
coating with a lower dissolution rate will. The quantity of ions released (typically 
in the ppm range) can be determined by placing the coated specimen in a simu¬ 
lated physiologic solution and monitoring the Ca ion content for given time 
periods. One means of measuring ion release is by atomic absorption, in which 
the quantity of ions in a solution is determined by lamps which measure the 
absorbance of a particular species, such as Ca. 

Plasma spraying of HA powder produces calcium phosphate coatings with 
a crystalline structure which is primarily HA, usually with small amounts of other 
crystalline phases. However, there is also a considerable amount of amorphous 
material generated during the plasma-spraying operation, as the crystallinity typi¬ 
cally ranges between 40 and 80%. The dissolution rate of plasma-sprayed HA 
coatings is quite variable and typically is considerably higher than fully dense, 
100% crystalline HA, either in the human body or in simulated physiologic solu¬ 
tions. This is mainly due to the presence of amorphous material and other, more 
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soluble, crystalline calcium phosphate and calcium oxide phases present in 
plasma-sprayed HA coatings. High dissolution rates are generally seen as 
undesirable for HA coatings, although another calcium phosphate material — 
tri-calcium phosphate — is used with the objective of complete dissolution within 
a predictable time period. Although ongoing development and optimization of the 
plasma spraying of HA is aimed at higher crystallinity coatings without sacrific¬ 
ing bond strength, there is no evidence that very high crystallinity (approaching 
100%) is better in vivo. Further in vitro and in vivo research which correlates the 
crystallinity, secondary phase composition, and ion release rate with tissue 
response to an HA-coated implant is necessary before optimum coating condi¬ 
tions can be established. 

21.5. SURFACE CHEMISTRY 

The surface chemistry of HA coatings is mainly dependent on the coating 
technique used as well as the composition of the starting material. 5 For plasma- 
sprayed HA coatings, the amorphous content of the coating as well as the pres¬ 
ence of more soluble crystalline phases, such as tri-calcium phosphate, result in 
a surface which is actively releasing Ca and P0 4 ions. Techniques such as elec¬ 
trophoretic deposition produce HA coatings that are essentially 100% crystalline 
and therefore may be less active as far as ion release, depending in part on the 
final density of the material after sintering. 6 Sputter-deposited coatings have dif¬ 
ferent surface chemistries and ion release rates depending on the degree of crys¬ 
tallization and the presence of other elements, such as fluorine. More radical 
surface modifications under investigation include the incorporation of agents 
which induce the formation of bone, such as bone morphogenic proteins, into HA 
coatings. 

One concern with any coating method is whether the starting material is 
contaminated during the coating process. Surface analytical techniques such as 
Auger electron spectroscopy (AES) and X-ray photoelectron spectroscopy (XPS) 
are useful for determining trace amounts of contaminants introduced during the 
coating, handling or sterilization operations (see Chapter 37). For plasma-sprayed 
HA, the main contaminant introduced during the process is copper from the 
anode nozzle or tungsten from the internal cathode. Higher plasma temperatures, 
used in conjunction with an external feed system, cause a more rapid deteriora¬ 
tion of the plasma spray gun nozzle, and may result in more Cu contamination of 
the coating. However, with the internal feed system there is the increased risk of 
abrasion of the inside of the nozzle by the ceramic particulate carried by the 
plasma stream. In actual practice, minute quantities of Cu as well as Cu 


Hydroxyapatite Coatings 


343 


particulate have been identified on the surface of plasma-sprayed HA coatings 
by AES and energy dispersive spectroscopy (EDS) from both internal and 
external feed systems. 

The surface chemistry of the portion of the metal implant covered by HA 
should not be a factor except in cases where the coating dissolves or separates 
from the substrate. In cases of delamination or dissolution of the coating, the 
substrate must have an acceptable surface which was not contaminated or 
adversely altered during the coating operation. Surface chemistry of the metal 
substrate may also be altered by the operations used to texture the surface. In the 
grit blasting of metallic substrates for plasma-sprayed HA coatings, the embed¬ 
ding of aluminum oxide particles is unavoidable. These particles are difficult to 
remove, but may pose no problem because of the relative inertness of aluminum 
oxide. 

Alteration of the implant surface may occur during sterilization with 
gamma irradiation, indicated by a light tan color observed in some HA coatings 
after treatment. This color change may be a result of displacement of electrons 
from their proper locations in the electron shells, and the white color characteris¬ 
tic of the coating prior to sterilization can be restored by annealing if esthetics are 
a concern. Other surface changes which may occur as a result of sterilization 
procedures include contamination of the coating in a steam autoclave and forma¬ 
tion of cytotoxic products on rough HA surfaces sterilized by ethylene oxide. 
Potential problems of surface contamination with wet heat (autoclave) and 
chemical sterilization (ethylene oxide) is the reason that HA-coated implants are 
now sterilized by gamma irradiation or dry heat. 


21.6. TISSUE RESPONSE 

The area of primary concern with the use of any implant system is the 
body’s response to the device. Animal studies have been done on HA-coated 
implants to predict the response in humans. 112 Most investigations matched 
HA-coated implants against identical uncoated implants to determine if the coat¬ 
ing enhances stabilization of the implant in the newly developing bone. Some 
studies found no significant difference between HA-coated and uncoated 
implants; in a majority it appears that bone forms sooner around the implant when 
an HA coating is present. Some long-term animal studies found that there was 
little difference between HA-coated and uncoated implants after six months or 
more in vivo. Thus, the main advantage of HA coatings may be in short-term 
stabilization of the implant. 
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Figure 21.8. Bone formed around an HA-coated screw type implant on a dog (original 
magnification x 190). 


Animal studies often involve histological examination of the tissues sur¬ 
rounding an implant after killing the animals at preset time periods. The presence 
of bone directly against the implant surface is seen as evidence of proper tissue 
response, as opposed to the presence of fibrous tissue. Several techniques, includ¬ 
ing high voltage SEM, have been used to determine if cell attachment is present 
or if a very thin layer of fibrous tissue exists between the bone and implant sur¬ 
face. An example of bone formed against an HA coated screw implant in a canine 
study is given in Fig. 21.8 (implant removed). Whether a chemical bond between 
an HA surface (or any other implant surface such as Ti0 2 ) and bone is formed is 
still controversial and will require high resolution TEM to resolve. 

Push-out tests have been used to measure the ability of the implant to resist 
forces tending to shear the bond between the implant surface and bone. Some 
tests have indicated that HA coatings enhance fixation of the implant in the sur¬ 
rounding bone. However, these tests have been performed on smooth-sided 
implants without grooves or other features designed for retention, and the bond 
strength of the implant to bone is typically quite low (e.g., 7 MPa). It is not practi¬ 
cal to rely on the bond of an HA coating to bone to provide long-term stability of 
an implant in the absence of any other retentive features. 

There are reports from practitioners of HA-coated implants being removed 
where the coating has fractured and fragments remain bonded to the surrounding 
bone. This indicates that the bond strength of the HA coating may be stronger to 
bone, in some cases, than to the metal substrate after a time in vivo. Figure 21.9 
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Figure 21.9. Removed HA-coated subperiosteal implant, showing remaining bone and 
sections of bare metal where coating has separated. 


shows an HA-coated cobalt-chromium subperiosteal dental implant, in which 
part of the coating was stripped off when the device was removed from the 
surrounding bone. Most of the HA-coated implants removed clinically were 
plasma-spray coated many years ago, and progress has been made in the quality 
and bond strength of the coatings since then. 


21.7. CLINICAL APPLICATIONS 

The use of HA coatings is an attempt to enhance the response of the sur¬ 
rounding bone or soft tissue to a metallic or ceramic implant. 12 The widest use of 
HA coatings is on metallic dental endosseous and subperiosteal implants, and to 
a lesser extent on metallic orthopedic devices, such as total hips and knees. 

On dental and orthopedic implants with plasma-sprayed HA coatings, the 
coating itself covers only a portion of the device. In a one or two stage root form 
dental implant, only the portion to be placed within the bone is HA coated, 
with the exception of some devices in which the coating extends onto the neck, 
i.e., transgingival area, of the implant. Subperiosteal dental implants are usually 
entirely coated except for the posts to which the superstructure (e.g., full denture) 
will be attached. For orthopedic implants, generally only a portion of the contact 
surface between the implant and bone is HA coated. In some total hip designs, 
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only the proximal end of the shaft portion is HA coated, based on the premise that 
some mobility of the distal end is desirable. 

There are few long-term controlled clinical studies which use plasma- 
sprayed HA-coated implants. There are, however, observations made by clini¬ 
cians who evaluate the results of HA-coated implants and feel they are superior 
to uncoated devices. In the case of dental implants, it is commonly felt that the 
use of HA coatings is more advantageous in the maxilla than in the mandible, so 
some practitioners will use HA-coated Ti root form implants in the maxilla and 
uncoated Ti in the mandible. Similarly, for cast cobalt-chromium subperiosteal 
implants, plasma-sprayed HA-coated devices are more likely to be used in the 
maxilla than the mandible. 

Some of the coating techniques, other than plasma spraying, under consid¬ 
eration for the deposition of HA on medical and dental implants produce coatings 
which are 100% crystalline HA. Chapter 23 describes an alkaline solution-based 
technique that produces a calcium-phosphate coating on Ti implants that is used 
clinically. 

Reports from the early use of HA dental implants by practitioners and the 
results of some animal studies indicate that plasma sprayed HA coatings cause 
faster adaptation of bone to an implant device than uncoated titanium or other 
implant alloys do, although the long-term advantages of the use of these coatings 
in either dental or orthopedic devices is debated. The popularity of HA coatings, 
especially for endosseous dental implants, is due to the perception that an implant 
coated with a substance which is similar to bone should result in a more optimum 
response from either the surrounding bone or soft tissue. HA coatings continue to 
interest both the clinician and the researcher as studies improve the design of 
implants which utilize HA coatings and optimize factors such as crystallinity and 
ion release rates to attain the proper tissue response in each particular orthopedic 
and dental application. 
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Chapter 22 

BIOACTIVE GLASS COATINGS 

Larry L. Hench and Orjan Andersson 


Editor’s Note: This chapter is an abbreviated version of Chapter 13 of the first 
edition of An Introduction to Bioceramics. Numerous studies were conducted to 
develop reliable coatings of bioactive glasses on a metallic load bearing 
prosthesis. Structural failures occurred due to attack of the metal—glass phase 
boundary between the glass coating and the metal substrate material and such 
devices never became clinically important and therefore the topic is mostly 
deleted from this second edition. A short summary of the studies conducted 
by Hench and Anderson and colleagues at the University of Florida and 
AboAkademi in Turku, Finland follow with a few key citations. 


22.1. INTRODUCTION 

Bioactive glasses are not strong enough to be used for load-bearing 
applications. One approach to solving this problem is to combine the glass with 
a fracture tough phase, such as a metal or a polymer, to produce a composite 
(Chapters 25 and 26). The other alternative is to apply the glass as a coating on a 
mechanically tough substrate, the subject of this chapter. Coating a substrate with 
a bioactive glass serves three purposes. 

(1) The substrate is protected from corrosion and degradation of properties. 

(2) Tissues are protected from corrosion products which may induce systemic 
effects. Figure 22.1a shows tissues adjacent to a bone plate and metallic 
screw after only 18 months following implantation in a 58 year old woman. 
An extensive concentration of corrosion products is present in the tissue. 
Figure 22.1b shows tissues adjacent to a bioactive glass coated stainless steel 
implant, after 18 months in a monkey. No corrosion products are present. 

(3) The bioactive glass coating provides interfacial attachment to bone, 
e.g., bioactive fixation, thereby eliminating the need for polymeric bone 
cements. Studies reviewed in Reference 1 provide evidence from animal 
studies of strong interfacial bonding between 45S5 Bioglass®-coated femoral 
head prostheses and bone in a monkey model. 
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Figure 20.1a. Fibroblast-like cell containing aggregates of metallic particles in 
cytoplasmic vacuoles (23,000X). Inset: high magnification electron micrograph to demon¬ 
strate metallic particles within membrane-bound vacuoles (55,000X). 



Figure 22.1b. Representitive field from tissue surrounding Bioglass®-coated implants. 
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The metals commonly used as load-bearing prostheses in orthopedics and 
dentistry have been used as substrates for bioactive glasses including: 316L stain¬ 
less steel, Ti-6-4 alloy, and Co-Cr-Mo alloys. Medical grade alumina has also been 
used as a substrate. Chapter 2, Table 2.4 summarizes the properties of alumina. 

Three methods are used to apply bioactive glasses as coatings. 

(1) Enameling or glazing, using glass frits to provide a protective first layer or 
ground coat, applied between the substrate and the bioactive glass. 

(2) Flame-spray coating, where the glass is applied to the substrate as a stream 
of molten particles. The particles fuse to the substrate upon impact. 

(3) Rapid-immersion coating, where the metallic substrate is heated to form an 
oxide layer of critical thickness and is then rapidly inserted into a container 
of molten glass. The oxide layer dissolves in the glass forming an adherent 
bond between the substrate and the glass coating. 

Chapter 13 in the first edition of this book reviews the principles, results, 
and problems of these coating methods. 


22.2. THE PROBLEM 

The problem of obtaining a bioactive glass coating with high mechanical 
integrity is the chemical reactivity of this type of glass. Compositions of silicate- 
based glasses that form a bond with tissues have <60 mole% Si0 2 (Chapter 3). 
Such glasses have a random, two-dimensional, sheet-like, network structure, with 
many open pathways for ion transport. It is this structure that results in the rapid 
formation of a calcium phosphate (CaP) and hydroxycarbonate apatite (HCA) 
layer on the glass, which provides binding sites to collagen (Chapter 3). The open 
network also makes it easy for other cations, such as Fe, Cr, Ni, Co, Mo, Ti, or Ta, 
to pass through the glass or react with the surface. If these cations are present they 
rapidly react with the surface and prevent formation of the CaP layer and its crys¬ 
tallization to HCA, and thereby inhibit or eliminate the bioactivity of the glass. 
Only a few percent of multivalent cations are needed to make a glass non-bioac¬ 
tive. See Hench 1 and Gross et air for a review of these compositional factors. 


22.3. ENAMELING 

Glass coatings have been applied to metallic substrates for millennia in a 
process called enameling. The glass is melted and homogenized and quenched 
into either water or air, forming a frit, and then ground into a powder (Chapter 37). 
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The metal is coated with the powder by painting, spraying, or dipping. An aque¬ 
ous slurry of the glass powder is often used. After drying, the coated part is then 
heated to above the softening temperature of the glass (400-600°C), where the 
glass fuses to an oxide layer on the metal, forming a mechanical-chemical bond 
at the interface. The outer layer of the powder sinters together (Chapter 1) and 
forms a coherent layer of glass fused to the metal. 

In order to facilitate adherence of the glass to the metal, two layers of glass 
are applied on the substrate. The first layer of glass provides interfacial bonding 
of glass to the metal, achieves an appropriate match of coefficients of thermal 
expansion (CTE) of the metal and the glass, has a high durability and a suitably 
low glass transition temperature, Tg, and low viscosity, and still retains bioactiv¬ 
ity of a top layer of glass fused to it. The Tg of the inner layer of glass must not 
be lower than that of the outer layer, since it would soften too much during firing 
of the top layer. Optimization of glass compositions to produce and control the 
range of thermal and chemical properties listed above has been achieved by 
Karlsson 3,4 and Andersson 5 - 6 and coworkers at Abo Akademie University, Turku, 
Finland. A phenomenological model for glass optimization was developed using 
the following steps: 

(1) Define the compositional ranges of interest. 

(2) Design an experimental plan (select compositions) that allows regression 
analysis of the results and avoids cross-correlation. 

(3) Measure the properties of interest for the selected compositions. 

(4) Conduct a computer-based regression analysis to describe the relationship 
between composition and property. 5 ' 6 

22.4. RESULTS AND APPLICATIONS 

Details of development of bioactive glass coatings on various metals are 
given in the first edition of An Introduction to Bioceramics and References 1, 3-7. 
Clinical applications have not been obtained due to difficulty in achieving long¬ 
term stability of the glass-metal interface, even though a glass-bone bond is 
achieved. 
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Chapter 23 

BIOACTIVE HA COATINGS 
BY TI SURFACE ACTIVATION 

Tadashi Kokubo and Seiji Yamaguchi 

23.1. INTRODUCTION 

Various types of bioactive ceramics have been developed, and many are 
now being used clinically as important bone substitutes. However, these materials 
have low fracture toughness, and thus cannot be used under high-loading condi¬ 
tions. Under these conditions, metals such as stainless steel, Co-Cr-Mo alloys 
and Ti and its alloys are used because of their high fracture toughness. Among 
these, Ti and its alloys exhibit better biocompatibility. However, even Ti and its 
alloys do not bond to the living bone, and therefore their attachment to the sur¬ 
rounding bone is not stable over a long period of time. In order to impart bone¬ 
bonding properties to these metals, hydroxyapatite (HA) coating has been 
attempted, and resulting composites are already used clinically. However, the 
coated HA is not stable in the living body over a long period of time. Moreover, 
incorporation of Ca and/or P onto the surfaces of these metals has been attempted 
by using ion implantation, electrochemical treatments and hydrothermal treat¬ 
ments. 1 These methods require special apparatus and cannot be easily applied to 
large devices with complex shapes. 

Bioactive titanate layers were recently reported to form on the surfaces of 
Ti and its alloys by simple chemical and heat treatments. 1 The titanate layers are 
tightly bonded to the metal substrates through a graded interface. This treatment 
is easily applied to implants of any shape. Some of the bioactive metals prepared 
by this method are already used clinically. 


23.2. CONCEPT FOR FORMING BIOACTIVE TITANATE 
SURFACE LAYER 

Bioactive ceramics such as Bioglass®, glass-ceramic AW and sintered HA 
bond to the living bone through an apatite layer that is formed on the ceramic 
surfaces in the living body. This apatite layer was found to be formed even in an 
acellular simulated body fluid (SBF) with ion concentrations nearly equal to that 
of human blood plasma. 2 It was also found that an apatite layer is formed even on 
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pure titania gel in SBF. 3 This indicates that if Ti and its alloys were modified by 
chemical and heat treatments to form a titanate surface layer, the resulting mate¬ 
rial could form an apatite layer on its surface in the living body through which it 
could bond to the living bone. 1 Examples of Ti and its alloys formed with bioac¬ 
tive titanate layers on their surfaces by simple chemical and heat treatments are 
described below. 


23.3. FORMATION OF BIOACTIVE SODIUM TITANATE 
LAYER 

Ti metal was soaked in 5 M NaOH solution at 60°C for 24 h and then heat- 
treated at 600°C for 1 h. A layer of sodium hydrogen titanate (Na x H 2x Ti 0,y +1 ) 
elongating perpendicular to the surface about 1 pm in thickness was formed on 
the surface of Ti metal by the NaOH treatment. This was transformed to a layer 
of sodium titanate (Na 2 Ti 6 0 13 ) accompanied with rutile (Ti0 2 ) through the subse¬ 
quent heat treatment, as shown in Fig. 23.1. 4 Auger electron spectroscopy (AES) 
confirmed that this surface layer gradually changed to the Ti metal substrate. 5 

Apatite was formed on the surface of the sodium titanate layer in SBF 
within one day and integrated with the layer, as shown on scanning electron 


NaOH solution 


Sodium hydrogen titanate Sodium titanate (Na 2 Ti B 0 13 ) 



Before treatment NaOH treatment Heat treatment 


Figure 23.1. Structural change of the surface of Ti metal subjected to NaOH and heat 
treatments. 
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Figure 23.2. Cross-sectional SEM image of NaOH- and heat-treated Ti metal after 
soaking in SBF for one day. 
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Figure 23.3. Process of apatite formation on NaOH- and heat-treated Ti metal in SBF. 


micrograph (SEM) in Fig. 23,2. 4 According to X-ray photoemission spectros¬ 
copy, transmission electron microscopic observation and zeta-potential measure¬ 
ment, apatite was formed in SBF by the following process, shown in Fig. 23.3. 6 
Sodium titanate releases Na + ions via exchange with H a O + ions in SBF to form 
Ti-OH groups on its surface. The Ti-OH groups are negatively charged because 
the pH of the surrounding SBF increases, 7 and therefore preferentially combine 
with Ca 2+ ions to form calcium titanate. As Ca 2+ ions accumulate, the calcium 
titanate surface becomes positively charged to combine with phosphate anions, 
forming amorphous calcium phosphate, which is eventually transformed to crys¬ 
talline bone-like apatite. Ti metal formed with the sodium titanate surface layer 
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Figure 23.4. Contact microradiograph (left-hand side) and scanning electron 
micrograph-energy dispersive X-ray analysis picture (right-hand side) showing spontane¬ 
ous bonding and integration of titanium metal, which was subjected to NaOH and heat 
treatments, to rabbit tibial bone after eight weeks’ implantation. 


precipitated apatite on its surface, which was implanted in the tibia of a rabbit, 
and tightly bonded to the living bone through the apatite layer, as shown in 
Fig. 23.4. 8 A total hip joint equipped with the porous Ti metal layer on which the 
sodium titanate layer was formed has been used clinically in Japan since 2007, as 
shown in Fig. 23.5. 9,10 

Moreover, the NaOH and heat treatments are effective for forming the 
bioactive sodium titanate layer on conventional Ti-based alloys such as Ti-6AI-4V, 
Ti-15Mo-5Zr-3Al and Ti-6Al-2Nb-Ta, but not for new Ti-Zr-Nb-Ta alloys 
because Na + ion release from the sodium titanate layer in the body are suppressed 
by the alloying elements. 


23.4. FORMATION OF BIOACTIVE CALCIUM TITANATE 
LAYER 

Ti-Zr-Nb-Ta alloys are important as implants, because they are free 
from suspected cytotoxic elements and can exhibit low elastic modulus and high 
mechanical strength. 11 Alloys of this type were soaked in 0.1 M CaCl 2 solution 
at 40°C for 24 h after the NaOH treatment and subjected to the heat treatment at 
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Figure 23.5. Clinical application of artificial hip joint formed with bioactive porous Ti 
metal on its surface in Japan since 2007. 

600°C for 1 h. Na + ions in the sodium hydrogen titanate formed by the NaOH 
treatment were completely replaced with Ca 2+ ions during the CaCl 2 treatment. 
Calcium titanate accompanied with rutile was formed after the subsequent heat 
treatment, as shown in Fig. 23. 6. 12 However, this calcium titanate layer did not 
form the apatite layer in SBF because Ca 2+ ions were sparingly released from the 
calcium titanate layer. The alloys were then soaked in water at 80°C for 24 h to 
form Ca-deficient calcium titanate by partial exchange of Ca 2+ ions in the 
calcium titanate layer on the top surface with H 3 0 + ions in water, as shown in 
Fig. 23.7. 12 As a result, the alloys formed the apatite layer in SBF because Ca 2+ 
ions were readily released from the calcium titanate layer. Owing to this, not 
only the negatively charged Ti-OH groups were formed but also the ionic activ¬ 
ity product of apatite in SBF was increased. These treatments imparted a higher 
apatite-forming ability even to Ti. When implanted in the tibia of a rabbit, Ti and 
its alloys subjected to these treatments bonded tightly to the surrounding bone, 
Fig. 23.8. 13 The so-formed bioactive Ti and its alloys are useful in various types 
of implants. 
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NaOH treatment CaCI 2 treatment Heat treatment 


Figure 23.6. Surface structural changes of Ti-15Zr-4Nb-4Ta alloy with NaOH, CaCL, 
and heat treatments. 



Figure 23.7. AES depth profdes of the surface of Ti-15Zr-4Nb-4Ta alloy subjected to 
NaOH, CaCl 2 , heat and water treatments. 


23.5. FORMATION OF BIOACTIVE TITANIUM OXIDE LAYER 

Both the sodium and calcium titanate layers described above adopt a 
feather-like structure composed of thin needle-like phases, as shown in Figs 23.1 
and 23.6. However, this type of surface layer is not resistant to shearing stress 
caused by treatments such as screwing in dental implants. A bioactive titanium 
oxide layer with a dense rough surface prepared by the following process may be 
suitable. Ti and its alloys were soaked in an aqueous solution with a pH less than 
1.1 (e.g., H 2 S0 4 /HC1 mixed acid solution) at 70°C for 1 h and then heat-treated 
at 500-650°C for 1 h. A layer of titanium hydride with a dense rough surface was 
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Figure 23.8. Optical micrograph of stained section of bone-implant interface at 
16 weeks after implantation into tibia of rabbit for Ti-15Z-4Nb-4Ta alloy subjected to 
NaOH, CaCl 2 , heat and water treatments. 


Ti0 2 



Acid treatment Heat treatment 

Figure 23.9. Structural changes of surfaces of Ti metal by acid and heat treatments. 


formed on the Ti metal by the acid treatment that transformed to the rutile layer 
by the subsequent heat treatment without appreciable change in surface rough¬ 
ness, as shown in Fig. 23.9. 14 

Ti and its alloys formed with this rutile layer precipitated apatite on their 
surfaces in SBF, as shown in Fig. 23.10. 14 This was in contrast to Ti and its alloys 
formed with the rutile layer only by the heat treatment, which did not form the 
apatite layer. 14 According to the depth profile of the radio-frequency glow dis¬ 
charge optical emission spectra and zeta-potential measurement, the apatite layer 
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Figure 23.10. SEM photographs of surface of Ti metal soaked in SBF for one day, after 
heat treatment at various temperatures following acid treatment. 



Figure 23.11. Optical microphotograph of strained section of acid- and heat-treated Ti 
metal implanted into rabbit tibia for four weeks. 

is formed on the titanium oxide layer in SBF by the following process. Acidic 
groups such as S0 4 2- and Cl - ions that are adsorbed on titanium hydride during 
the acid treatment remain on rutile even after the subsequent heat treatment and 
then dissociate in SBF to provide the acidic environment on rutile. Titanium oxide 
is positively charged in an acid environment, preferentially combining with phos¬ 
phate anions, in contrast to the sodium and calcium titanate layers, which are 
negatively charged. As phosphate ions accumulate, its surface becomes negatively 
charged to combine with Ca 2+ ions, forming calcium phosphate, which is eventu¬ 
ally transformed to apatite. 14 

When implanted in the tibia of rabbit, the Ti metal formed with the tita¬ 
nium oxide layer by this process tightly bonded to the living bone, as shown in 
Fig. 23.11. 14 Porous Ti metal that was subjected to HC1 and subsequent heat 
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Figure 23.12. Clinical trial of spinal fusion by porous bioactive Ti metal for five patients 
(November 2008-June 2009). 


treatments after the NaOH treatment to form a bioactive titanium oxide layer 
exhibited osteoinductivity and osteoconductivity. 15 This bioactive porous Ti was 
successfully subjected to clinical trials for use in a spinal fusion device in five 
patients, as shown in Fig. 23.12. 16 This type of device can be fixed to the 
surrounding bone without using an autograft. 


23.6. SUMMARY 

Novel bioactive titanate layers can be formed on the surface of Ti and its 
alloys by simple chemical and heat treatments. Bioactive metals prepared by this 
method are predicted to be useful in various types of implants in orthopaedic and 
dental fields. 
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Chapter 24 

PYROLYTIC CARBON COATINGS 

Reinhold H. Dauskardt and Robert O. Ritchie 

24.1. INTRODUCTION 

Carbon is the most frequently found element in all organic molecules and 
compounds and as such performs a vital role in biological processes. As a crystal¬ 
line material it can exist in a bewildering number of forms, some of which offer 
the most outstanding biocompatibility, chemical inertness and thromboresistance 
of any of the ceramics (or “bioceramics”) used in biomedical applications. These 
properties have, for example, made various forms of carbon the preferred material 
where interface to blood flow is required. Alternatively, they can be attached to 
both soft and hard tissue, which is a prerequisite for a wide range of biomedical 
devices. Where device design and mechanical strength of the carbon form per¬ 
mit, components may be fabricated entirely of carbon. However, in the majority 
of biomedical applications carbon is used as a versatile coating, the principal 
mechanical properties often being derived from the underlying substrate 
material. 

Three types of carbon are commonly used for biomedical devices: the low 
temperature isotropic (LTI) form of pyrolytic carbon, glassy (vitreous) carbon 
and the ultralow-temperature isotropic (ULTI) form of vapor-deposited carbon. 1-3 
These three forms of carbon have a disordered lattice structure and are collec¬ 
tively referred to as turbostratic carbons. Although pyrolytic carbons were devel¬ 
oped originally for elevated temperature applications (e.g., as coatings for nuclear 
fuel particles), LTI pyrolytic carbon has found wide appeal in the biomedical 
materials industry, in particular for mechanical cardiac valve prosthetic devices, 
as it has been shown to be highly thromboresistant and to have inherent cellular 
biocompatibility with blood and soft tissue. Moreover, it displays excellent dura¬ 
bility, strength and resistance to wear, and had been thought to be immune to 
cyclic fatigue failure. 

Indeed, the majority of modem mechanical heart valve prostheses utilize 
components manufactured from silicon-alloyed, LTI-pyrolytic carbon, either as a 
coating on a polycrystalline graphite substrate or as a monolithic material (where 
the substrate has been machined away). Alternatively, more complex shapes and 
even flexible materials may be obtained from coating fabricated metal 
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components or polymeric sheets or fabrics with a thin, impermeable layer of 
ULTI carbon by vapor deposition. Larger components can be fabricated by the 
controlled heating of a preformed polymeric body to form glassy carbon. Due to 
its inherently low density and weakness, however, glassy carbons are typically 
used as a thick coating which is reinforced by the underlying substrate. 

With the exception of the LTI carbons which are co-deposited with silicon, 
all the carbons in clinical use are pure elemental carbon. Up to 20 weight percent¬ 
age (wt%) silicon is most often added to LTI carbon to improve mechanical 
properties without significant changes in biocompatibility. Structurally, the clini¬ 
cally important turbostratic carbons are from the disordered end of the wide range 
of crystalline states of carbon to the perfect, three-dimensional graphite forms 
through the partially ordered graphite-like structures to the nearly amorphous 
state. Note, however, that by far the most important structural carbons for use in 
biomedical applications are the LTI pyrolytic carbons. For this reason more atten¬ 
tion will be directed to these materials in our subsequent discussions. 

In the following sections, we first discuss the composition, structure and 
processing procedures of the three clinically significant turbostratic carbons. These 
are unique compared to those of the more perfectly crystalline states of diamond 
or graphite. Then the important resulting biomedical and mechanical properties are 
considered. Finally, we will examine a number of biomedical applications and 
devices and conclude by discussing some important issues in device reliability 
and life prediction procedures. 


24.2. CARBON STRUCTURES 

While the microstructure of turbostratic carbon might seem very compli¬ 
cated due to its disordered nature, it is in fact quite closely related to the structure 
of graphite. In a graphite crystal, the carbon atoms are arranged in flat sheets or 
layer planes and the sheets stacked in a regular sequence to produce the three- 
dimensional graphite lattice as shown in Fig. 24.1a. Each carbon atom is strongly 
covalently bonded to the six nearest neighbor atoms, forming a hexagonal array 
within each layer, while the layers are relatively weakly bonded by van der Waals 
attractions. The weak bonding between planes results in the highly anisotropic 
properties of single crystals of graphite. However, when a solid is composed of 
many small crystals having random orientations, the bulk material behaves in an 
isotropic fashion. 4,5 

In graphite, the layer planes are stacked in a regular ABAB sequence. It is 
possible to disorder the sequence by disrupting the stacking through random 
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Figure 24.1. The crystallographic arrangement of carbon atoms in (a) hexagonal graph¬ 
ite where parallel layer planes are in a regular sequence and (b) a turbostratic carbon 
where the layers are arranged without order. Randomly oriented turbostratic crystallites 
are assembled to produce a bulk material in (c). 
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rotations or displacements of the layers relative to each other. Carbon materials 
having such disordered lattice plane stacking are known as turbostratic structures 
(Fig. 24.1b). In graphite the crystal size might be as large as 100 nm in diameter, 
the disordered regions of turbostratic carbon or “crystallites” are only around 
10 nm in size. Randomly oriented turbostratic carbon crystallites are assembled 
to produce the bulk material as shown in Fig. 24.1c. This random packing results 
in isotropic mechanical and physical properties at the macroscale. 

Missing carbon atoms leads to many vacant lattice sites in each of the 
turbostratic layer planes. Imperfect matching of small segments of these planes 
also leads to wrinkles or distortions within each plane. Furthermore, there may 
also be a substantial fraction of disorganized carbon between crystallites in the 
bulk material. As might be expected, such distortion and voiding in the structure 
may result in a marked effect on both the density and strength of turbostratic 
carbons. Densities, therefore, range from 1,400 kg/m -3 to a theoretical limiting 
value of 2,200 kg/m -3 . High density LTI carbons are the strongest bulk form of 
turbostratic carbon and their strength can be increased by adding silicon, as dis¬ 
cussed in the following section. ULTI carbon can also be produced with high 
densities and strengths, but is available only as a thin coating (0.1-1.0 pm) of 
pure carbon. Glassy carbon is inherently a low density material and as such 
is weak. 


24.3. PROCESSING 

Dense and high strength LTI pyrolytic carbon components are typically 
made by co-depositing carbon and silicon carbide on a polycrystalline graphite 
substrate via a chemical vapor-deposition, fluidized-bed process using a gas 
mixture of a silicon containing carrier gas with a hydrocarbon (e.g., propane, 
methyltrichlorosilane and helium gas mixtures) at elevated temperatures. 1-3 The 
resulting material contains typically 10 wt% silicon, often in the form of discrete 
submicron (3-SiC particles randomly dispersed in a matrix of roughly spherical 
micron-size subgrains of pyrolytic carbon; the carbon itself has a subcrystalline 
turbostratic structure, with a crystallite size of typically less than 10 nm. 

The system used for production of pyrolytic carbon coatings is shown 
schematically in Fig. 24.2. The fluidized bed coater is in principle a simple appa¬ 
ratus which consists of a vertical tube furnace (or reactor) containing a bed of 
granular particles, usually zirconium oxide. The reactant gas stream enters the 
reactor and fluidizes (i.e., supports and agitates) the bed of particles in which the 
components to be coated are suspended. Due to the high temperatures (typically 
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CHgSiClg 

Figure 24.2. Fluidized bed process for coating components with LTI pyrotytic carbon. 


in the range 1,000-1,500°C), the hydrocarbon gas “cracks” or pyrolyzes accord¬ 
ing to the reactions: 


C 3 H 8 -» 3C + 4H 2 , and (24.1) 

CHjCljSi -> SiC + 3HC1. (24.2) 

The solid products of these pyrolysis reactions are carbon and silicon car¬ 
bide, which deposit as a coating on everything in the bed, including the fluidizing 
particles and the graphite components to be coated. The fluidizing bed system is 
equipped with metering devices so that the quantity of carrier gas, hydrocarbon 
and silicon-containing hydrocarbon can be controlled to give the proper concen¬ 
trations for deposition. 

The silicon carbide present in silicon alloyed pyrolytic carbon does not 
dissolve in the carbon matrix but instead forms discrete second-phase particles 
of silicon carbide with cubic crystal symmetry, as shown schematically in 
Fig. 24.3. The quantity of silicon present has a marked influence on the 
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■NODULE OR GROWTH CONE 


Figure 24.3. Schematic illustration of the microstructure of silicon alloyed LTI pyrolytic 
carbon. Nodules or growth cones, with sizes dependent on the processing parameters, are 
comprised of millions of crystallites of turbostratic carbon. Randomly dispersed through¬ 
out the matrix are particles of silicon carbide which vary in size from 1 to 1,000 nm. 


mechanical properties of pyrolytic carbon. As the silicon content increases, 
fracture strength, wear resistance, hardness and the elastic modulus increase 
significantly. Both the content and distribution of silicon carbide particles is 
quantitatively measured using X-ray diffraction (XRD) and scanning electron 
microscopy (SEM) techniques and must be carefully controlled to achieve 
optimum properties. 

Glassy or vitreous carbons are formed by slowly heating a solid polymeric 
perform, such as cellulosics or phenol-formaldehyde resin, to drive off volatile 
constituents. The heating rate during formation must be carefully controlled to 
allow diffusion of the volatiles through the polymeric mass and prevent bubble 
formation within the part. This requirement typically limits the thickness of 
glassy carbon components to less than 7 mm. These carbons are composed of 
random crystallites of the order of 5 nm in size. While the glassy carbons only 
achieve a maximum density of -1,500 kg/m -3 , they have, in fact, quite a low 
porosity. This leads to the low permeability of glassy carbons to liquids and gas¬ 
ses since the porosity is not interconnected. 
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The ULTI vapor-deposited carbons can be produced with much higher 
densities and strengths but only as a thin coating, typically in the range of 0.1— 
1.0 mm in thickness. The coating is formed by a hybrid vacuum process by using 
a catalyst to deposit carbon from a carbon-bearing precursor. With variations in 
processing parameters, the density, crystallite size and isotropy of the coating can 
be varied within quite wide ranges. In addition, cooling of the substrate during 
coating allows the coating of low melting point materials such as Dacron®, 
Teflon® and polyurethane parts and sheets (Trademark, E. I. DuPont de Nemours, 
Inc., Wilmington, Delaware). 

The adhesion of the ULTI coating to the substrate is naturally an important 
design consideration, particularly when used on flexible substrates. When used as 
a coating on certain clinical stainless steels and titanium (Ti-6A1-4V) alloys, a 
bond strength exceeding 70 MPa is achieved. This excellent bond strength is, in 
part, due to the formation of carbides at the carbon/metal interface. The bond 
strength with other materials that do not form carbides is typically lower. 


24.4. MECHANICAL AND BIOMEDICAL PROPERTIES 

The mechanical properties of the various turbostratic carbons are closely 
related to their microstructures, with a strong correlation of most of these prop¬ 
erties with coating density. Other microstructural features such as crystallite 
size, structure and orientation, grain size and composition are also important in 
determining the resulting properties. Some of the more important mechanical 
properties of the clinically useful turbostratic carbons, together with a typical 
polycrystalline graphite substrate onto which coatings might be deposited, are 
presented in Table 24.1. 


24.4.1. Strength and Modulus 

Due to the highly anisotropic properties of graphitic crystals, the macro¬ 
scopic mechanical properties of polycrystalline carbons depend strongly on 
degree of crystal orientation. Also, the porosity of the material affects the strength 
by reducing the internal area over which the stress is distributed and by creating 
local regions of high stress. Accordingly, carbons with a high degree of preferred 
orientation and high density are extremely strong and stiff in directions parallel 
to the preferred layer planes. On the other hand, in turbostratic carbons where the 
crystallites are randomly arranged and the material is not fully dense, lower 
strengths and dramatically reduced moduli are measured. Therefore, while typical 
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Table 24.1. Structural and Mechanical Properties of Graphite and Biomedical Turbostratic 
Carbons. 



Polycrystalline 

Graphite 

Substrate 

Silicon Alloyed 
LTI Pyrolytic 
Carbon 

Glassy 

(Vitreous) 

Carbon 

ULTI Vapor 
Deposited 
Carbon 

Density (kg/m -3 ) 

1,500-1,800 

1,700-2,200 

1,400-1,600 

1,500-2,200 

Crystallite Size (nm) 

15-250 

3-5 

1-4 

8-15 

Expansion Coefficient 
(10^K -1 ) 

0.5-5 

5-6 

2-6 

— 

Hardness (DPH) 

50-120 

230-370 

150-200 

150-250 

Young’s Modulus (GPa) 

4-12 

27-31 

24-31 

14-21 

Flexural Strength (MPa) 

65-300 

350-530 

69-206 

345-690 

Fracture Strain (%) 

0.1-0.7 

1.5-2.0 

0.8-1.3 

2.0-5.0 

Fracture Toughness 
(MPam-1/2) 

-1.5 

0.9-1.1 


— 


LTI pyrolytic and ULTI vapor-deposited materials still retain a comparatively 
high strength, their moduli are uncharacteristically low. The greater porosity of 
the glassy carbons generally results in even lower strengths, contributing to a 
weak structure, which is albeit still stronger than polycrystalline graphite. 

The moduli of the turbostratic carbons are close to 21 GPa and hence are 
close in magnitude to the modulus of bone (see Chapter 1). A carbon implant 
device under physiological loading and in contact with bone can therefore deform 
elastically with the bone and minimize stress concentrations which might other¬ 
wise develop. As a comparison, the modulus of surgical stainless steel or titanium 
alloys is almost an order of magnitude higher than that of bone (Chapter 1). 

24.4.2. Hardness and Wear 

The hardness or resistance of a material to indentation is an important 
property of turbostratic carbons since, as with most materials, it closely correlates 
with resistance to wear. Hardness is also important for LTI pyrolytic carbons 
since it correlates with the silicon carbide content, carbon crystal size and the 
deposition temperature and is therefore an indirect indicator of these parameters. 
In addition, wear rates typically decrease noticeably with increasing hardness. 
Silicon-alloyed LTI pyrolytic carbon has superior wear resistance compared to 
other forms of graphite or even unalloyed pyrolytic carbon. Excellent wear 
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resistance is particularly important for components of artificial heart valves which 
articulate against each other and are exposed to significant wear and possible 
cavitation erosion during a patient’s lifetime. 

24.4.3. Fracture Resistance 

The high strength and low moduli of turbostratic carbons results in large 
strains to failure when compared to other brittle ceramics. For example, while the 
total strain to rupture of an alumina ceramic specimen is 0.1% and those for 
polycrystalline graphites are in the range 0.1-0.7%, the fracture strain for LTI 
pyrolytic carbons is 1.5-2.0% and can be as high as 5% for ULTI vapor-deposited 
carbons. The high fracture strains are thought to result in part from the network 
of strong C-C covalent bonds in the graphitic layer planes, which must be broken 
before failure by shear or cleavage can be accommodated. 6 These large fracture 
strains are important properties for coatings of flexible polymeric substrates, 
which must be able to sustain significant bending and flexing without cracking of 
the coating. 

While the high fracture strains measured using smooth, uncracked speci¬ 
mens are high, they are sometimes incorrectly taken as an indication of material 
toughness. The catastrophic failure of many engineering structures occurs well 
below their strength or fracture strain. The toughness or “resistance to fracture” 
of turbostratic carbons must, therefore, be measured in the presence of cracks or 
flaws which may be present in the final device. 

Using a fracture mechanics approach, the fracture toughness or critical 
stress intensity factor, K c , can be measured by inserting an “atomically-sharp” 
crack of known length into a specimen and loading until fast fracture occurs. (In 
simple terms, the stress intensity, K, is given as QoVtta, where c is the applied 
stress, a is the crack size and Q is a geometry-dependent factor of order unity.) 
Using this approach, the toughness of silicon alloyed pyrolytic carbon has been 
measured in the range 0.9-1.1 MPaVm, only slightly higher than that of soda lime 
glass and less than half the fracture toughness of alumina or silicon nitride ceram¬ 
ics. Similar to other ceramics, these low values of fracture toughness remain a 
significant limitation for the reliable design of many pyrolytic carbon devices, 
particularly in the presence of tensile residual stresses in the coatings of compos¬ 
ite components. Therefore, while the fracture strain does affect the fracture tough¬ 
ness depending on the specific fracture mechanism, the magnitude of the uniaxial 
fracture strain measured in a tensile specimen will be quite different to the highly 
constrained fracture strain in the triaxial stress field ahead of a sharp crack. For 
this reason, fracture strain and fracture toughness often show poor correlation. 
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In linear-elastic materials, it is also possible to express the toughness as a 
critical strain energy release rate, G c , which is related to the fracture toughness by 
G c = K c 2 /E (where E is Young’s modulus). It is interesting to note that because of 
the low moduli of the turbostratic carbons, in this formulation the converted 
toughness appears to be quite high, typically 0.04-0.3 kJ/rrr 2 , compared to other 
ceramics which have much higher moduli and hence lower G c values in the range 
0.02-0.1 kJ/rrr 2 . This apparent contradiction in toughness rankings is best ration¬ 
alized by recognizing that the actual energy required to cause fracture in a device 
might be largely due to the large deflections which result from the low moduli of 
turbostratic carbons. However, such fractures can occur at very low stresses 
depending on the device configuration. The onset of fracture is therefore nearly 
always calculated from a design stress approach using the fracture toughness, K.; 
energy calculations based on G c are rarely used in mechanical design against 
fracture. 

24.4.4. Cyclic Fatigue 

An important finding concerns the assumed insensitivity of turbostratic 
carbons and other brittle ceramic materials to cyclic fatigue degradation. 7-9 Early 
studies claimed that the fatigue endurance strength of these materials was virtu¬ 
ally identical to the single cycle fracture stress, i.e., that cyclic stresses less than 
this stress do no microscopic damage. However, studies employing fracture- 
mechanics type testing procedures with precracked samples demonstrate that 
fatigue cracks can grow under alternating loads in monolithic pyrolytic carbon 
and pyrolytic carbon-coated graphite composites in both ambient temperature air 
and blood-analog environments. The typical crack growth rate per loading cycle, 
da/dN, for a pyrolytic carbon composite, together with similar data for other brit¬ 
tle ceramic materials, are shown in Fig. 24.4 as a function of the stress intensity 
range, AK = K max - K mjn , where K max and are the maximum and minimum 
values of the applied cyclic stress intensity. Also included in the figure for com¬ 
parison is the crack growth behavior of two structural metallic alloys. 

While the data in Fig 24.4 show a clear (cyclic) fatigue effect, in view of 
past skepticism over fatigue in brittle materials, it is necessary to demonstrate 
unequivocally that the crack growth is cyclically induced and not simply a con¬ 
sequence of stress corrosion (static fatigue) cracking at maximum load. To 
achieve this, crack extension was monitored with the stress intensity cyclically 
varied between K max and K mjn and the stress intensity held constant at the same 
value of K max . This procedure was periodically repeated throughout the range of 
growth rates; a typical result, for K max is shown in Fig. 24.5, where 1.36 MPaVm 
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Fatigue —Crack Growth in Ceramics and Metals 



Figure 24.4. Cyclic fatigue crack growth behavior of a LTI carbon/graphite composite 
shown in comparison with a range of ceramics including alumina, silicon nitride, silicon 
carbide and zirconia, and two structural metallic alloys. 


and = 0.14 MPaVm. Whereas crack extension proceeds readily under cyclic 
loading conditions (Region a), upon removal of the cyclic component by holding 
at the same K max (Region b), crack-growth rates are markedly reduced. Clearly, 
similar to behavior reported for other ceramics, a true cyclic fatigue effect is 
apparent. Furthermore, subcritical fatigue crack growth rates under cyclic loading 
appear to be far in excess of those under equivalent sustained loading. 

These observations of cyclic fatigue crack growth in ceramics and pyro¬ 
lytic carbons have important consequences for the many prosthetic devices which 
are exposed to repeated physiological loading. This phenomenon is particularly 
important in heart valve applications, as the human heart typically beats 38 mil¬ 
lion times each year, necessitating the structural design of prostheses for fatigue 
lifetimes in excess of patient lifetime, i.e., between 10 9 and 10 10 cycles. Indeed, 
some structural failures of mechanical heart valves manufactured from pyrolytic 
carbon have been attributed to progressive fracture by fatigue. We discuss the 
importance of cyclic fatigue effects in life prediction and device reliability in a 
later section. 
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Figure 24.5. The effect of sustained load vs. cyclic loading conditions, at a constant 
K mlix , on the subcritical crack growth in pyrolytic carbon coated graphite tested in Ringer’s 
solution at 37°C. Note how crack growth rates under cyclic loading (Region a) are far in 
excess of those measured under sustained loading (Region b). 



24.4.5. Stress Corrosion Cracking 

Similar to other ceramics, turobstratic carbons are prone to subcritical 
crack growth under the synergistic action of an applied load and a moist (or cor¬ 
rosive) environment. Such stress corrosion (static fatigue) crack growth behavior 
is plotted in terms of the crack velocity with respect to time (da/dt) as a function 
of the applied monotonic stress intensity in Fig. 24.6. The data include an LTI 
pyrolytic carbon/graphite composite in an environment of Ringer’s lactate (blood 
analog) solution at a temperature of 37°C, glassy carbon in water and in air, and 
data for a pyrolytic graphite in air. Crack velocities span many orders of magni¬ 
tude from 10 -9 to 10 -1 m/sec and, similar to cyclic fatigue crack growth, show a 
marked sensitivity to the applied stress intensity. Like cyclic fatigue, it is impor¬ 
tant to characterize the stress corrosion cracking behavior of turbostratic carbons 
in order to permit reliable design. 
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Figure 24.6. Stress corrosion crack growth behavior of a graphite/LTI carbon coated 
composite tested in 37°C Ringer’s solution, shown in comparison with data for glassy 
carbon tested in water and air and for pyrolytic graphite in ambient temperature air. 
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24.4.6. Residual Stress 

Biomedical turbostratic carbon coatings often exist in a state of residual 
stress. Like most coatings cooled from a higher processing temperature, the 
residual thermal stress state depends on the difference in thermal expansion mis¬ 
match between the coating and the underlying substrate material. Variation in the 
structure and grain size of the coating from the interface with the substrate to the 
coating surface may also affect the residual stress state. Both effects depend on 
the coating thickness. For LTI pyrolytic carbon-coated graphite components, the 
greater thermal expansion coefficient of pyrolytic carbon compared to graphite 
results in a tensile residual stress in the coating. Depending on processing tem¬ 
perature and microstructural variation, measurements indicate a tensile stress of 
up to 60 MPa in the coating. Such residual stresses may be detrimental to the 
integrity of the coating. The residual stress must be added to the nominal applied 
stress when evaluating the likelihood for fracture in the coating. 

24.4.7. Biocompatibility 

From a biomaterials viewpoint, the greatest attribute of the three forms of 
turbostratic carbon is their excellent cellular biocompatibility and thromboresist- 
ance. 1-3 This is particularly true of the high purity LTI pyrolytic and ULTI vapor 
deposited carbons. Depending on the polymeric precursor and the processing 
temperature, the purity of the glassy carbon forms may result in variability in 
biocompatibility. While the biocompatibility of the turbostratic carbons has been 
studied extensively, no theory explaining their excellent properties exists. 

In cardiovascular applications, the compatibility of LTI pyrolytic carbons 
with blood has received the most attention. Unlike soft and hard tissue reactions 
to implanted materials, which tend to be slow to develop, the rejective reactions 
in blood are dramatic and swift. Most materials in contact with blood quickly 
activate the tissue’s clotting mechanism. LTI carbon has been shown to be equiva¬ 
lent to siliconized glass, which causes little damage to blood. Theories to explain 
the excellent cellular biocompatibitily of LTI carbon with blood range from con¬ 
ditioning of the carbon surface with a passivating protein layer, through selective 
adsorption to the complete inertness of the LTI carbon surface to proteins in 
general. A general observation, however, is that smooth or polished surfaces are 
better than rough surfaces, possibly because roughness may provide locations 
where cells can adhere and serve as thrombotic nuclei. 

While ULTI vapor-deposited coatings have also been shown to have 
excellent biocompatibility and thromboresistance with blood, glassy carbons 
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have been studied primarily for attachment to both soft and hard tissue. When 
implanted, glassy carbons in general do not provoke an inflammatory response in 
adjacent tissue. Similar behavior has been reported for the LTI and ULTI carbons. 
Note, however, that although smooth surfaces promote better thromboresistance, 
rougher surfaces which allow tissue in-growth and attachment provide stronger 
interfaces to soft or hard bone tissue. 


24.5. APPLICATIONS 

The excellent cellular biocompatibility of the three biomedical turbostratic 
carbons together with selected mechanical properties have resulted in a wide 
range of successful applications. Bokros has compiled a list of applications and 
these are reproduced in Table 24.2. We restrict our discussion to cardiovascular 
and dental applications in the following sections. 


24.5.1. Cardiovascular 

Mechanical cardiac valve prostheses are designed to regulate blood flow 
continuously in hostile physiological environments for periods in excess of 
patient lifetimes. Valve components are exposed to cyclic loading, flexing and 
bending, wear at surfaces exposed to articulation and cavitation erosion on sur¬ 
faces exposed to blood flow. These requirements represent one of the most 
demanding biomaterial applications. They also represent, however, one of the 
greatest successes of bioceramics in the form of silicon alloyed LTI pyrolytic 
carbon, which is currently used in the majority of artificial heart valves. 

Many modern heart valves are based on the tilting disk design, which open 
and close as the heart beats, allowing blood flow under near-normal rheological 
conditions. Some designs involve two semicircular leaflets (bileaflet valves) 
instead of a single disk or occluder. The disk or leaflets are contained in a circular 
housing which has a cloth sewing ring on the outer diameter to facilitate attach¬ 
ment to the heart (Fig. 24.7). The disk or leaflets and housing are manufactured 
from LTI carbon-coated graphite, although some devices use a cobalt-chromium 
or titanium alloy housing. Unfortunately, the complex shapes of some of the 
metal housings require the use of casting and welding technologies in their manu¬ 
facture. As a result, serious problems have arisen with some of these devices, 
leading to catastrophic failures by fatigue of the valve housing. 

One of the primary restrictions on artificial heart valves is the uncertain 
lifetime under complex physiological loading due to degradation by cyclic fatigue 
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Table 24.2. Successful Applications of Glassy, LTI and Vapor-Deposited ULTI Carbons 
(After J.C. Bokros). 




Material Characteristics Contributing to 

Success 



Cellular 


Wear 


Application 

Material 

Compatibility 

Strength 

Resistance 

Stiffness 

Mitral and aortic 

LTI 


X 



heart valves 

X 

X 


Dacron® and Teflon® 






heart valves 

ULTI 

X 




sewing rings 






Blood access device 

LTI/titanium 

X 




Dacron® and Teflon® 

ULTI 





vacular grafts 

X 




Dacron®, Teflon® and 






polypropylene 
septum and 
aneurysm patches 

ULTI 

X 





Porous glassy 





Pacemaker electrodes 

carbon-ULTI- 
coated porous 

X 




Blood oxygenator 






microporous 

membranes 

ULTI 

X 




Otologic vent tubes 

LTI 

X 

X 



Subperiosteal dental 
implant frames 

ULTI 

X 




Dental endosseous 






root form and 

LTI 

X 

X 


X 

blade implants 






Dacron-reinforced 






polyurethane 
aoplastic trays for 
alveolar ridge 
augmentation 

ULTI 

X 




Percutaneous 






electrical 

LTI 

X 

X 



Hand joints 

LTI 

X 

X 

X 

X 
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Figure 24.7. A typical bileaflet artificial heart valve with components made from silicon 
alloyed LTI pyrolytic carbon (courtesy Baxter Medical Inc.). 


or stress corrosion. While heart valves manufactured from pyrolytic carbon- 
coated graphite are currently used extensively, with more than 200,000 in use (in 
1993), several structural failures of LTI carbon-coated components have been 
attributed to cyclic fatigue. These conclusions are questionable due to difficulty 
in distinguishing fractographic features produced under cyclic and monotonically 
loaded conditions. 

The identical morphology of cyclic fatigue and overload (fast) fracture 
surfaces is not unique to pyrolytic carbon (Fig. 24.8a and b); similar behavior is 
shown by the graphite core of the composite material (Fig. 24.8c and d), and by 
most ceramic materials where cyclic fatigue fractures are documented. This is 
in marked contrast to metallic materials where the characteristic cyclic fatigue 
fracture mode, i.e., striations (Fig. 24.8e), is quite distinct to the transgranular 
cleavage (Fig. 24.8f), microvoid coalescence or intergranular fracture seen for 
failure under monotonic loads. The reason for this is not clear, due to current 
uncertainties in the micromechanisms of ceramic fatigue. The implication is 
that post failure analysis of fracture surfaces in pyrolytic carbon can be very 
deceptive. 
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PYROLYTIC CARBON 

Cyclic Fatigue Overload Fracture 


(e) (f) 

Figure 24.8. Low and high magnification SEMs of cyclic fatigue and overload (fast) 
fracture in (a and b) the LTI pyrolytic carbon cladding, (c and d) the polycrystalline 
graphite substrate and (e and f) a metallic material (low-strength ferritic steel), showing 
(e) fatigue striations and (e) transgranular cleavage fracture. 
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24.5.2. Dental 

The close elastic modulus match between glassy and LTI carbons and 
bone make the carbons candidate materials for a number of load-bearing dental 
implant applications. Artificial tooth roots with sizes up to 11 mm in length and 
5 mm in diameter have been manufactured from glassy carbon. LTI carbon with 
its superior strength has been used in more complex implant designs. Where the 
size and complexity of the implant does not allow construction from carbon, 
components can be fabricated from metal alloys and coated with a thin imperme¬ 
able layer of ULTI vapor-deposited carbon. Subperiosteal dental implants and 
endosseous tooth root replicas have been fabricated using these techniques. Such 
designs combine the superior mechanical properties of the metal with the chemi¬ 
cal properties of carbon. 


24.6. DEVICE RELIABILITY 

Careful mechanical design and accurate life prediction, which must 
accurately simulate realistic failure modes, are essential elements for the reli¬ 
able use of ceramic implants exposed to complex physiological loading and 
environmentally-induced degradation in many clinical applications. The struc¬ 
tural design of cardiovascular-assist devices places particularly demanding 
requirements on the pyrolytic carbon-coated components. To maintain struc¬ 
tural integrity, prosthetic heart valves must therefore be designed to endure 
fatigue lifetimes greater than ~10 9 cycles in blood analog environments; current 
FDA requirements demand that this is achieved using so-called damage-tolerant 
design procedures. These procedures rely upon the fracture-mechanics based 
concept that a conservative (worst-case) estimate of the structural life can be 
defined in terms of the time, or number of loading cycles, for the largest unde¬ 
tected crack to grow to critical size, generally defined in terms of the material’s 
fracture toughness, K,. A similar analysis might be required for other forms of 
crack growth, for example, stress corrosion cracking in components subject to 
sustained (noncyclic) loads. 

There are three principal material property inputs to such calculations: the 
initial flaw population or size of the largest (worst-case) crack pre-existing in the 
device (which must be defined by quality control); the critical crack size for cata¬ 
strophic failure of the device (which in most cases is defined by the material’s 
fracture toughness, K c ); and the rate at which the incipient cracks will grow sub- 
critically between these two limits. Of these, the crucial input for fatigue life 
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prediction is the rate of subcritical crack growth; specifically, relationships are 
required which define the crack growth increment per cycle, da/dN, as a function 
of a crack-driving force such as the stress intensity, K. In prostheses fabricated 
from metallic materials such as cobalt and titanium alloys, such cyclic fatigue 
crack growth data are widely available in handbooks or can be measured using 
ASTM standard techniques. In prostheses manufactured from pyrolytic carbons, 
fatigue data have only recently become available, in part because it had been 
incorrectly assumed that pyrolytic carbon was immune to cyclic fatigue failure. 
Damage-tolerant design and life-prediction procedures for both metallic and 
pyrolytic carbon implants are based on fatigue crack propagation data derived 
from conventional ASTM-style (e.g., compact-tension) test pieces containing 
long (typically -2-20 mm in length), pre-existing through-thickness cracks. 

Whereas all current analyses for pyrolytic-carbon/graphite implants utilize 
crack-propagation data conventionally measured on specimens with long, 
through-thickness cracks, the reality of actual flaw growth for valves in service is 
more likely primarily associated with small, part-through (half-penny shaped) 
cracks, which initiate predominantly on the surface of the pyrolytic carbon coat¬ 
ing and propagate both along the surface of the pyrolytic carbon and depth-wise 
toward the graphite core. 10 Such small crack behavior is undoubtedly of special 
importance to most ceramics simply because ceramic components will, in gen¬ 
eral, not be able to tolerate the presence of physically long cracks. Although the 
collection of small-crack data is both complex and labor-intensive, life-prediction 
procedures should be based on such data. 

Studies of small crack growth behavior in other ceramic and ceramic- 
composite materials suggest that a reasonable correspondence can be obtained 
between the growth rate behavior of long, through-thickness cracks and small, 
part-through surface cracks, provided cyclic crack growth rates are characterized 
in terms of the appropriate stress intensity factor, incorporating both external 
(applied) and internal (residual) stresses. Such internal stresses may result during 
fabrication of the pyrolytic-carbon/graphite composite and/or from surface dam¬ 
age such as scratches or gouges incurred during handling of the device. With the 
appropriate characterization, in principle either form of growth-rate data could be 
utilized for life prediction. 

Despite the highly successful and expanding use of pyrocarbons in the 
biomedical industry, since their initial development during the mid-1970s, 
little fundamental materials research has been published on these materials. 
Little is known about the mechanistic role of the microstructure in influencing 
their fracture and fatigue properties, so critical for the structural integrity of 
heart valve prostheses. For the continued use of turbostratic carbons as a 
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structural material for such safety-critical applications as medical implant 
devices, the mechanistic and microstructural basis underlying critical 
mechanical properties, such as strength, ductility, toughness and resistance to 
fatigue, wear and erosion, must be further investigated. See Chapter 25 for 
further discussion. 
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Chapter 25 

PYROLYTIC CARBON PROSTHESES: 
CLINICAL RESULTS 

Jonathan Shute 


25.1. INTRODUCTION 

Pyrolytic carbon is a unique biomaterial with many valuable characteris¬ 
tics, as described in Chapter 24. During the last few decades, pyrolytic carbon has 
been the subject of many clinical and scientific studies. Implants such as artificial 
heart valves and small joint replacements containing pyrolytic carbon are being 
widely used with much clinical success. 


25.2. PYROLYTIC CARBON IN ARTIFICIAL HEART VALVES 

Heart valve replacements are implants that replace calcified or damaged 
heart valves. These heart valves can either be mechanical or bioprosthetic. For 
background information regarding alternative types of heart valves, see the sug¬ 
gested reading list. The design of prosthetic heart valves has evolved significantly 
over the last 50 years. Artificial heart valves started as a ball and cage design and 
over time have shifted towards the use of leaflets. Improved heart valve develop¬ 
ment has been accompanied by a reduction in blood flow issues and undesirable 
coagulative responses. 1 

The use of bileaflet mechanical pyrolytic carbon heart valves has increased 
since 1990. 2 These valves are constructed entirely of, or coated with, pyrolytic 
carbon and have been used for aortic, mitral, and tricuspid valve replacements. 2-4 
While some of the factors involved in failure of heart valve replacements are still 
unclear, a significant amount of clinical data has been collected on the survivabil¬ 
ity of implant recipients. 

In 2006, Chang et al. reported results from 138 tricuspid valve replace¬ 
ment (TVR) surgeries performed on 125 patients with mean ages of 43.7 ± 16.6 
years. One hundred and three of the TVR implants were assorted mechanical 
valves with components or parts made from pyrolytic carbon, and 35 of the TVR 
implants were bioprosthetic valves. Of the original 125 patients, 116 were avail¬ 
able for follow-up with a mean follow-up of 7.1 + 5.1 years. In the bioprosthesis 
group, 22.9% of individuals had died within 30 days of implantation; in the 


389 


390 


An Introduction to Bioceramics 2nd Edition 


mechanical pyrolytic carbon group, 13.6% had died within 30 days of implanta¬ 
tion. The survival rate, or freedom from mortality, related to valve replacement 
for the remaining 116 patients was 96.2 + .6%, 89.5 + 0.7%, and 89.5 + 0.9% at 
5, 10, and 16 years respectively. They found no statistical difference between the 
survival rates of the pyrolytic carbon and biprosthetic implants. 2 

A study of 485 patients who received pyrolytic carbon heart valve replace¬ 
ments was published in 2006 by Bryan et al. 3 In their randomized study, 234 
CarboMedic heart valves and 251 St. Jude Medical heart valves were implanted. 
The distribution of valve replacements varied with 160 mitral, 288 aortic, and 137 
mitral and aortic replacements. Patients had a median follow-up of 10 years and 
the mean freedom from valve related mortality at 10 years was 93.0% and 95.0% 
for St. Jude Medical heart valve and CarboMedic recipients, respectively. There 
were 25 mortalities related to valve related issues and 14 patients required 
reoperation. Freedom from all valve related issues including bleeding, thrombo¬ 
embolism, and reoperation at 10 years was 46.2% and 51.6% for St. Jude Medical 
and CarboMedic recipients, respectively. 3 

Similar results have been seen for the survivability of pyrolytic carbon 
replacement valves in other studies. A 25-year clinical study regarding the surviv¬ 
ability rate of the St. Jude Medical mechanical valve was recorded in 2010 by 
Toole et al., consisting of 945 patients. From this patient population, 537 received 
aortic valve replacements (AVR) and 408 received mitral valve replacements 
(MVR) with mean ages of 56 ± 14 years and 56 + 13 years, respectively. Freedom 
from mortality in the patients receiving AVR was approximately 94%, 89%, 84%, 
and 60-75% for 5,10,16, and 25 years respectively. Patients receiving MVR had 
greater longevity than those receiving AVR. Freedom from mortality in patients 
receiving MVR was approximately 96%, 93%, 90%, and 85-89% for 5, 10, 16, 
and 25 years respectively. 4 

The survivability of patients receiving mechanical heart valves has been 
clinically assessed over the last two decades and much has been found regarding 
the reasons for mortality, morbidity, and failure of devices. Figure 25.1 shows the 
freedom from mortality for various pyrolytic carbon mechanical heart valves 
from multiple studies. For most studies, roughly 90% of patients survive to the 
10-year check-up after mechanical heart valve implantation. 4-6 If no valve 
replacement surgery were to occur, the survival rate could be dramatically lower 
for many patients. As a greater understanding of heart valve related morbidity and 
mortality is established, survival may increase even further and could potentially 
be as safe as any other type of implantation. 

Currently, the main concerns associated with mechanical heart valve 
implantation are thromboembolism and other bleeding effects. When the 
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Figure 25.1. Freedom from heart valve related mortality for recipients of various types 
of pyrolytic carbon heart valves. 2,4 


coagulation cascade is improperly activated, the formation of a thrombosis, or 
clot, may occur. In regions of the body with high amounts of blood flow, such as 
the heart, the thrombosis is at high risk of detaching from its growth site and 
entering the bloodstream. When the thrombosis breaks free of its growth site it is 
referred to as a thromboembolism. Thromboembolism is a common complication 
for mechanical valve recipients and methods to minimize this effect are being 
investigated by bioengineers and researchers around the world. This issue is com¬ 
plex and is tied to multiple factors, including the material properties and geomet¬ 
ric construction of the implant. 5,6 

One way to measure the risk of thromboembolism is to determine the 
hemocompatability of a material. Understanding how the material responds to 
platlets, which are tied to the formation of thrombosis, can enhance the under¬ 
standing of why implantation of the material increases the risk for thromboem¬ 
bolism. The hemocompatability of pyrolytic carbon was tested in comparison to 
other materials by Forti et al. in 2010. They tested pyrolytic carbon samples 
against titanium alloy, tissue culture polystyrene, and y-irradiation sterilized 
polystyrene in whole plasma and evaluated protein adsorption, platelet activa¬ 
tion, and the composition of materials on the surface layer. The results of the 
tests indicated that the surfaces of pyrolytic carbon samples had high levels of 
fibrinogen adsorption, relatively low levels of fibronectin and proteins adsorp¬ 
tion, and low platelet adherance. They also found that protein adsorption to the 
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surfaces of materials increased with increasing contact angle and that the rough¬ 
ness of the samples did not seem to affect protein adsorption and platelet 
adhesion. 5 

Considering results from the tests performed by Forti et al., the hemocom- 
patability of pyrolytic carbon is expected to be relatively good. However, other 
mechanisms in vivo may also enhance the chance for platelet adhesion and acti¬ 
vation and therefore may only be valuable in living studies. As the mechanisms 
for protein adsorption and coagulation are better understood from the material- 
protein interface in the body, the ability to delay or inhibit coagulation may be 
improved. Correcting for the inherent issues caused by the material’s interaction 
with the body may require additional surface layers, specialized therapy, or re- 
evaluation of the material. 

Geometric structure also plays a significant role in the hemocompatability 
of implanted devices. A bileaflet mechanical valve has two “leaf’-like faces that 
rotate on hinges. 1 When pressure is applied to the interior side of the valve, the 
leaves rotate up to 90 degrees. When the valve opens, a large area for blood flow 
becomes available. A larger area for blood flow can improve the hemocompatabil¬ 
ity of the valve substantially. The way the blood flows through the valve can 
influence the shearing of platelets and blood cells. Optimizing blood flow is criti¬ 
cal in preventing coagulation and other complications. In vitro studies have been 
performed to evaluate the stresses at which coagulation occurs. Heliums criteria, 
an experimentally-determined threshold, states that if the product of the shear 
stress and the duration of time exceed 3.5 Pa, platelets will activate. Other studies 
have indicated that turbulent stresses ranging from 10 to 100 Pa can trigger activa¬ 
tion. The degree of shear stress is related to a geometric constraint known as the 
effective orifice area (EOA). The EOA is the area in which blood flows through 
the valve in the forward pumping motion and is defined in Equation 25.1 as: 


EOA(cm 2 ) = Qrms 


(25.1) 



where Q nm is the root mean square systolic/diastolic flow rate (cm 3 /s) and Ap is 
the mean systolic/diastolic pressure drop (mmHg). 6 As the EOA increases, the 
pressure drop and the shearing stresses on the walls of the valve are reduced. This 
reduces the chances for shearing-based coagulation. Improving the geometric 
designs of heart valves and identifying other coagulation-based issues with 
mechanical implants are necessary to properly design the appropriate structure 
for an artificial heart valve. 
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Bioprosthetic heart valves are often used because of their superior antico- 
agulative response throughout the lifetime of the patient. Most implants require 
administration of anticoagulants immediately after implantation, but not all 
implants require lasting therapy. Mechanical valve recipients must be treated with 
anticoagulants, such as warfarin, throughout the course of their life. Bioprosthetic 
valve recipients usually only require daily administration of aspirin. 2 Anticoagulant 
therapy is a complex issue and research on how to improve the quality of treat¬ 
ment or reduce treatment duration is still under investigation. An in-depth analy¬ 
sis on anticoagulants is beyond the scope of this chapter. 

Alternatives to anticoagulation therapy have been under investigation for 
nearly as long as the development of implants. Some investigators are looking 
into surface modifications and have found a particular method that shows signifi¬ 
cant decreases in platelet adhesion. In 2011, Slaughter et al. reported on a new 
type of surface modification known as Forcefield Technology. 7 The forcefield 
surface modification technique involves the application of a small voltage across 
the surface of a pyrolytic carbon disk. The voltage difference across the surface 
attracts proteins to the surface of the disk that are resistant to platelet adherence. 
In an experiment comparing platelet adherence, forcefield modified surfaces 
demonstrated excellent results against non-forcefield controls. Confluence of 
cells and platelets onto the surfaces of materials were compared with scanning 
electron microscopy and confluence was found to be 3.3% ± 2.2% and 81.7% ± 
24% for the forcefield-modified disks and controls, respectively. This new 
method is still in the early stages of development but may provide an alternative 
to anticoagulants in the future. 7 

25.3. PYROLYTIC CARBON IN ARTHROPLASTY 

As a surfacing material, pyrolytic carbon has become well established and 
been used in multiple devices. Pyrolytic carbon has also been established as a 
good choice for use as a bulk material in some implants. While materials such as 
stainless steel and alumina possess the strength that is necessary for high load 
bearing implants, pyrolytic carbon is suitable for use in smaller implants with 
lower load bearing requirements. For this and other reasons, pyrolytic carbon was 
selected as a material choice for finger joint arthroplasty. 8-10 

Diseases such as arthritis present significant lifestyle challenges that 
sometimes include painful or even debilitating degradation of the hones in the 
hand. Some individuals experience severe joint issues associated with their proxi¬ 
mal interphalangeal (PIP) joints and may require surgery or implantation for 
correction. The goal of these implantations is to improve grip strength, widen the 
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range of joint motion, reduce pain, and enhance the satisfaction of the patient 
overall. PIP joint prostheses are structurally similar to a total knee replacement. 
The rolling motion of the two faces in the PIP joint ease movement and increase 
the biomechanical accuracy of the replacement to that of the native joint. The use 
of pyrolytic carbon in implants in the past has shown low wear and good biocom¬ 
patibility and thus was considered a good choice for a highly motile prosthetic 
joint. Many studies have been performed on the use of pyrolytic carbon in PIP 
joint arthroplasty and the efficacies of the prosthetics have been evaluated. 8 

In 2007, Bravo et al. published data from their study regarding 35 patients 
who in total received 50 PIP joint replacements. 9 The reasons for implantation 
were various forms of arthritis: 10 patients had posttraumatic arthritis, 11 had 
rheumatoid arthritis, and 14 had osteoarthritis. There was a distribution of 15 
index finger, 18 middle finger, 10 ring finger, and 7 small finger joint replace¬ 
ments. Before surgery the average range of motion was 40°, pain score on a scale 
of 0-10 (0 being painless) was 6, grip strength was 19 kg and pinch strength was 
3 kg. After implantation, the average range of motion was 47°, pain score was 1, 
grip strength was 25 kg, and pinch strength was 4 kg. The average follow-up was 
2.25 years. Two patients requested unnecessary amputation of the joint and there 
was a revision rate of 8%. There were 14 revisions in total (5 for minor reasons) 
and patient satisfaction was recorded at approximately 80%. 9 

A study comparing the effectiveness of silicone PIP joint arthroplasty 
versus pyrolytic carbon arthroplasty was performed by Branam et al. in 2007. 10 
In the pyrolytic carbon group there were 19 joint replacements in 9 patients and 
in the silicone group there were 22 joint replacements in 13 patients. The average 
follow-ups for the pyrolytic carbon and silicone groups were 19 and 45 months, 
respectively. There was an increase in the flexion range of motion for the pyro¬ 
lytic carbon group (increase of 3°) and a decrease in the silicone group (decrease 
of 2°). Additional surgery was required on three joints in the silicone group due 
to complications and one case of sepsis. No complications demanding surgery 
occurred in the pyrolytic carbon group. The range of deformity was larger and 
statistically significant in silicone joints. Patients reported greater satisfaction 
with the postimplantation appearance of the pyrolytic carbon joints and both 
groups reported a significant decrease in pain. 10 

Pyrolytic carbon PIP joint arthroplasty offers a relatively simple surgical 
correction for an issue that is currently difficult to treat otherwise. For use as an 
implant material in PIP joint arthroplasty, pyrolytic carbon has shown much suc¬ 
cess regarding improvements in strength, range of motion, and quality of life. 
Most of the reported complications are from the loosening or dislocation of the 
implants. 10 Few issues with biocompatibility have been recorded. 
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25.4. SUMMARY 

Clinical uses of pyrolytic carbon have shown exceptional results in com¬ 
parison with other materials. Development of heart valve replacements with 
pyrolytic carbon appears to be promising for the future. Survival for pyrolytic 
carbon heart valves is on par with other materials but still presents some issues. 
Thromboembolism and bleeding must be addressed through material modifica¬ 
tions and the improvement of implant geometry. Future advances in anticoagula¬ 
tion drugs or a better understanding of the coagulation response with pyrolytic 
carbon will also greatly improve the quality of pyrolytic carbon heart valves. For 
clinical applications like proximal interphalangeal joint replacement, pyrolytic 
carbon is currently one of the best material choices. Studies have shown excellent 
joint recovery, reductions in pain, and improved patient satisfaction. Future stud¬ 
ies on pyrolytic carbon may broaden the spectrum of implants and improve on the 
results for those implants being used today. 

Author’s Note: This review of pyrolytic carbon, pyrolytic carbon implants, and 
its associated data is done without the influence of any organization, manufac¬ 
turer or external parties. All information contained within is presented based 
upon a critical review of the published literature and is presented to enhance the 
public’s knowledge base on the topic of pyrolytic carbon. 
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Chapter 26 

BIOCERAMIC COMPOSITES 

Paul Ducheyne, Michele Marcolongo and Evert Schepers 


Editor’s Note: This chapter is an abbreviated version of Chapter 15 of the first 
edition of An Introduction to Bioceramics. Numerous studies were conducted to 
develop reliable composites of bioactive glasses and ceramics reinforced with a 
metallic phase. Structural failures occurred due to attack of the metal—glass 
phase boundaries in the composite material and the materials never became 
clinically important and therefore the topic is mostly deleted from this second 
edition. A short summary of the pioneering studies by Professor Ducheyne and 
colleagues follow with two key citations. 


26.1. SUMMARY 

Early development of bioceramics was prompted by considerations of 
biocompatibility, but implant devices must posses an appropriate range of 
mechanical properties. For many biomedical applications, ceramics alone, either 
bioactive or inert, cannot meet diverse requirements of safe and effective in vivo 
functioning under load-bearing conditions. This turned attention toward compos¬ 
ite materials which could take advantage of the desirable properties of each of the 
constituent materials, while mitigating the more limited characteristics of each 
component. Bioceramic composites can be divided in to three categories: bioin¬ 
ert, bioactive, and biodegradable composites. The ceramic phase can be the 
reinforcing material, the matrix material, or both. Synthesizing a successful 
composite follows identification of desirable properties as well as inferior char¬ 
acteristics of each material. Several bioceramic composites fabricated and ana¬ 
lyzed are shown in Table 26.1. These include stainless steel fiber/bioactive glass 
(the first bioceramic composite) and titanium fiber/bioactive glass composites. 
These discontinuous metal fiber/ceramic composites maintain bioactivity while 
increasing the fracture toughness and strength of the material in comparison with 
that of the ceramic alone. There are also ceramic reinforced/bioactive ceramic 
composites (e.g., zirconia reinforced/AW glass and apatite/wollastonite (AW) 
two-phase bioactive glass ceramic), and bioceramic augmented polymeric matri¬ 
ces (e.g., calcium phosphate reinforced polyethylene, discussed in Chapter 27). 
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Table 26.1. Bioceramic Composites. 

Inert Carbon fiber reinforced carbon 

Carbon fiber polymetric matrix materials (polysulfone, poly aryl 
ether ketone, poly ether ketone ketone, poly ether ether ketone) 
Carbon fiber reinforced bone cement 
Bioactive AW Glass-Ceramic 

Stainless steel fiber reinforced Bioglass® 

Titanium fiber reinforced bioactive glass 
Zirconia reinforced AW glass-ceramic 
Calcium phosphate particle reinforced polyethylene 
Calcium phosphate fiber and particle reinforced bone cement 
Resorbable Calcium phosphate fiber reinforced polylactic acid 


Many of these composites are bioactive and have higher mechanical strength than 
the bioceramics themselves (see Reference 3 for details). 


26.2. FABRICATION METHODS 

Stainless steel fiber/bioactive glass composites are made of 45S5 bioactive 
glass and AISI 316L stainless steel fibers. 1,2 The nominal composition for the 
bioactive glass is: 45wt% Si0 2 , 24.5% CaO, 24.5% NO, and P 2 O s . AISI 316L 
stainless steel has the following compositional range for the more important 
alloying elements: 16-20wt% Cr, 10-14% Ni, 2-4%' Mo, less than 0.03% C. The 
preparation of the stainless steel fiber/bioactive glass composite involves a num¬ 
ber of steps, which include preparing the fiber preform, impregnating the preform 
with the glass matrix, and heat treating the composite. Initially, the required 
amount of fiber for a given geometry is weighed and compacted under pressure, 
the fibers are sintered at 1,250°C, and then the uniformity of the preform’s den¬ 
sity is inspected using radiography. The surface of the sintered metal fiber pre¬ 
form is oxidized for 10 min in air at 800°C. The total metal shrinkage is controlled 
by holding the porous preform at 400°C for 20 min, then it is immersed into 
molten glass maintained at 1,350-1,380°C, and finally the glass-impregnated 
preform is annealed at 400-500°C for 4 hours and furnace cooled. The processing 
parameters have been optimized experimentally to achieve this successful proce¬ 
dure. Variables which affect glass impregnation are: viscosity of the molten glass, 
thermal expansion coefficients of the metal substrate and glass, oxidation and 
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roughness of the metal surface, metal temperature at time of immersion, duration 
of immersion, time and temperature of annealing, volume fraction of the metal 
fibers, and size of porosity. 


26.3. ANIMAL TESTS 

26.3.1. Stainless Steel Fiber Reinforced Bioactive Glass 
as Tooth Root Implant 

Beagle dogs were used as experimental animals in a dental root implant 
study. The premolars were extracted at least one year prior to implantation. With 
appropriate anesthesia, cavities were prepared in the edentulous areas. Low-speed 
drills (approximately 300 RPM) with abundant cooling by physiological saline 
were used for all the preparations. Three dogs received subgingivally six fiber- 
reinforced bioactive glass implants with a pin of bioactive glass on the surface 
and one bulk bioactive glass, as a control. They were killed four months after 
implantation. In one animal, five bulk bioactive glass implants were installed in 
the lower jaw and two in the upper jaw. This animal was killed after 16 months. 

Following the usual preparation for light and SEM, no difference in the 
reaction pattern between bulk bioactive glass and fiber-reinforced composite 
glass was observed at four months (Fig. 26.1). The various reaction layers 



Figure 26.1. Micrograph of the interfacial zone between stainless steel-bioactive glass 
composite and bone tissue. 
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present on the composite glass were similar to those reported previously. Energy 
dispersive X-ray (EDX) analysis clearly demonstrated the formation of a Si-rich 
layer covered by a CaP-rich layer at the outer surface. Histologically, connection 
between the implant surface and bone is readily apparent: it is preferentially 
present at the cortical bone border. No interposed fibrous tissue can be seen 
between the implant and the bone. The osteocytes at the interface are regularly 
distributed and some cell processes in the canaliculi of these cells appear to be 
in a very close relationship with the reacted implant surface. EDX analysis of the 
CaP-rich layer in such an interface shows an increasing Ca and P concentration 
at the outer glass surface and a smooth transition of the Ca and P peak intensities 
towards the bone tissue. This results in a compositional gradient between bioac¬ 
tive glass and bone tissue. In contrast, when the implant is surrounded by fibrous 
tissue, the Ca and P profiles increase toward the outer surface but drop immedi¬ 
ately to zero when the neighboring tissue is scanned. This fibrous encapsulation 
of the implant is preferentially seen at the apical part of the implant, near the 
infra-alveolar nerve where no bone tissue is present at the time of installation. 
The fibrous tissue capsule consists of densely-packed collagen fibers and con¬ 
tains few cells. These observations confirm that bioactive glass is not osteoinduc¬ 
tive, since bone connection is only formed when bone tissue is present in the 
immediate vicinity of the glass surface at the time of installation. This lack of 
osteoinductivity is also substantiated by the absence of bone tissue at the glass 
surface around a perforation to the maxillary sinus. Close adaptation of the epi¬ 
thelial tissue to the glass surface is observed here. Whereas no osteoinduction 
can he ascribed to the glass, it is osteoconductive. An out-growth of bone can be 
observed in the apical and the cervical directions, where it starts from the initial 
contact area with cortical bone. 

When the implant is intact, EDX analysis does not reveal any ion diffusion 
from the metal fibers into the outer glass rim of the implant or in the surrounding 
tissues. Thus, the outer glass rim is effective in preserving the biocompatibility of 
the bioactive glass itself, and prevents any influence of the stainless steel fiber. 
However, if metal fibers are directly exposed to the surrounding tissue fluids, Fe 
ions from the stainless steel fibers are detected by EDX point analysis in tissues 
of these areas. Other metal ions are not detected, but this can be due to the detec¬ 
tion limit of this technique (approximately 0.01-0.1%). These metal ions inhibit 
the interfacial osteogenesis in these areas and can even elicit an inflammatory cell 
reaction. Since these reactions are not consistently observed, it is suggested that 
the tissue response in areas with a cracked glass rim is due to the synergistic 
action of dissolved glass ions and metal fiber ions. 
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Chapter 27 

DESIGN OF BIOACTIVE 
CERAMIC-POLYMER COMPOSITES 

William B onfield 


27.1. INTRODUCTION 

The basis for tailor-making bioactive hydroxyapatite (HA)-polymer com¬ 
posites as skeletal implants to mimic hard tissue is reviewed. HA-reinforced poly¬ 
ethylene composite was originally conceived as a biomaterial for bone replacement 
on the basis of producing appropriate mechanical compatibility, as well as the 
necessary biocompatibility. 1 It was demonstrated that an increase in the volume 
fraction of particulate HA from 0 to 0.5 (50 volume percentage) produced an 
increase in the Young’s modulus of this composite, so as to approach the lower 
band of the range of values associated with bone itself. Cortical bone at the ultra- 
structural level is a HA-reinforced collagen composite. 2 Thus, the equivalence of 
microstructure and deformation behavior give HA-polyethylene composites a 
special property as a bone analogue material. HA-reinforced polyethylene com¬ 
posites offer the potential of a stable implant-tissue interface during physiologi¬ 
cal loading. The fracture characteristics of the composite depend on the HA 
volume fraction. There is a transition from ductile to brittle fracture as the volume 
fraction increases above approximately 0.45. 3 Hence, it is possible to tailor-make 
the composition of the composite, so as to achieve any particular combination of 
Young’s modulus combined with the appropriate fracture characteristics. With 
respect to bone substitution, an optimum combination appears to be approxi¬ 
mately 0.4 volume fraction of HA, when the fracture toughness of the composite 
is still significantly greater than that of cortical bone. In vivo studies in a loaded 
animal model demonstrated that, with a volume fraction of HA greater than 
approximately 0.2, the composite demonstrated bone apposition around the 
implant. 4,5 High resolution electron microscopy 6 demonstrated continuous HA 
lattice images across the composite-bone interface, indicating continuity at the 
ultrastructural level. This result was in contrast to the control polyethylene 
implants, which demonstrated fibrous encapsulation. HA-reinforced polyethyl¬ 
ene composite, with a volume fraction of 0.4 of HA, has now been used clinically 
as an implant for reconstruction of the orbital floor. 7 The particular properties of 
the composite allowed the implant to be shaped by the clinician during the 
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operation and to be implanted without any fixation. Results have demonstrated 
successful osteointegration of the implants and good clinical results in this 
lightly-loaded application. 

Following from the work on HA-reinforced polyethylene composite have 
been studies on other particulate-filled composites with potential as biomaterials. 
This includes work on HA-reinforced polyhydroxybuterate 8 and HA-reinforced 
polylactide. 9 In both cases the use of degradable polymer matrices offers interest¬ 
ing potential for skeletal scaffolding materials. However, it is still essential in the 
formulation of these composites to obtain the required mechanical properties 
necessary for a loaded application. With respect to thermosetting materials, HA 
additions have been made to polymethylmethacrylate (PMMA) bone cement in 
an attempt to introduce some bioactivity to this material. 10 This route presents 
some difficulty, due to the brittle nature of the matrix material, and a more prom¬ 
ising alternative appears to be PEMA bone cement, 11 which, with considerable 
ductility, approaches more closely the behavior observed for polyethylene. 
It should be emphasized that a ductile polymer matrix is an essential precursor 
for effective stiffening and strengthening with HA additions. 

To achieve the desired mechanical properties, it is necessary experimen¬ 
tally to have precise control of the processing conditions, so as to ensure a homo¬ 
geneous distribution of HA. 12 In addition, the mean particle size and the particle 
size distribution, as well as the surface area, of the HA can be varied, so as to 
produce different mechanical properties. The technology to tailor-make hioactive 
composites of any particular combination to deliver a range of prescribed 
mechanical and biological behaviors is now well established for the 
HA-polyethylene system, 1314 as well as having considerable potential for other 
bioceramic-polymer combinations. 


27.2. ANALOGUE COMPOSITE DESIGN 

The key data 15 for the HA-polyethylene system are shown graphically in 
Fig. 27.1, which plots volume fraction of HA against Young’s modulus and strain 
to fracture. 16 From a starting value of 1.3 GPa for zero volume fraction (i.e., 100% 
polyethylene), the Young’s modulus increases with volume fraction to exceed the 
lower bound of values associated with cortical bone at the 0.5 volume fraction (50 
volume percentage) HA composition. A 0.5 volume fraction of HA corresponds 
to -0.75 weight fraction (75 weight percentage), i.e., HA is the major constituent 
of the composite. The stiffening produced is accompanied by a decrease in strain 
to failure, but the composite retains appreciable ductility until a HA volume 
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Figure 27.1. Effect of volume fraction of HA on Young’s modulus (E) and strain to 
failure of HA-reinforced polyethylene composite, in comparison to cortical bone, as rep¬ 
resented by Hench, 16 based on data by Bonfield. 15 (Reproduced by courtesy of the Journal 
of the American Ceramic Society.) 


fraction of -0.4. Composites with volume fractions <0.4 deliver the ceramic in a 
fracture tough condition. 

Biological activity is also indicated in Fig. 27.1. The result established 
in vivo is that fibrous encapsulation is noted for polyethylene controls and for 
composites with less than 0.2 volume fraction of HA, but bone apposition is 
achieved for composites with HA volume fraction greater than 0.2. In terms of 
the interfacial shear strength of the implant-tissue interface, the transition from 
fibrous encapsulation to bone apposition for the HA-polyethylene system pro¬ 
duces approximately a ten-fold increase in value (from -1 to -10 MPa). Hence, 
formulation of an HA-polyethylene composite, with HA volume fraction 
between 0.2 and 0.4, gives a bioactive, fracture-tough, modulus-matching bone 
implant. 
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The medical application of such analogue composites is in prostheses 
requiring fixation to bone and a stable implant-tissue interface. The matching of 
deformation behavior across the implant-tissue interface means that polyethylene 
wear debris is not a problem. However, the composite is not intended for an 
articulating application, such as for a joint surface. With that restriction, there 
remain a myriad of potential skeletal implant applications for appropriately- 
designed HA-reinforced polyethylene composites. 

The experimental data shown in Fig. 27.1 can not be modelled on the basis 
of simple rule-of-mixture calculations combining polyethylene (E = 1.3 GPa) 
with HA (E = 80 GPa), an approach which gives theoretical values much higher 
than the measured results. A statistical finite element approach, based on the 
concept of Voronoi cells, 17-19 has been applied to the results of Fig. 27.1 and gives 
satisfactory agreement between experiment and theory. The details of this 
approach are beyond the scope of this short chapter, but give confidence that the 
curves shown in Fig. 27.1 may be used as first-order predictors for the experimen¬ 
tal behavior of other HA polymer composites, as well as a guide to the formula¬ 
tion of alternative bioceramic-polyethylene combinations. An extensive review 
with 111 references by S.M. Rea and the author summarizes this topic. 20 
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Chapter 28 

CALCIUM PHOSPHATE CEMENTS 

Sanjukta Deb 


28.1. INTRODUCTION 

Bone grafts are frequently required for surgical procedures in orthopae¬ 
dics, craniomaxillofacial, dental and spinal surgery. A large proportion of the 
bone grafts are derived from autologous bone, which remains the gold standard 
despite the numerous synthetic bone substitutes that are commercially available. 
Autologous bone has all the prerequisites for new bone formation because it is 
osteoconductive, osteogenic and osteoinductive. However, it has its own limita¬ 
tions, such as the amount of autogenous bone available, increased morbidity, 
increased anaesthesia time, blood loss and postoperative donor site complica¬ 
tions. Allografting is another option which does not involve second site morbidity 
and the substitute generally is able to maintain osteoinductive effects. However, 
to eliminate risks arising due to disease transmission and immunogenic response, 
aggressive processing leads to the loss of the inductive effects and results are 
often inconsistent. The third group of materials are synthetic, which can be clas¬ 
sified into different groups, either based on their chemistry or the nature of the 
additives, to provide function such as inclusion of growth factors, platelet rich 
plasma etc. The majority of bone substitutes are based on calcium phosphates 
ceramics, calcium sulphates and bioactive glasses, presented in the form of gran¬ 
ules, blocks, pastes and putties. Calcium phosphate cements comprise a promis¬ 
ing group that are mouldable and undergo in situ setting, which may or may not 
produce a resorbable material depending on the composition. Current synthetic 
bone grafts are primarily made either from calcium phosphate ceramics or self¬ 
setting calcium phosphate cements and composite materials. Calcium phosphates 
are ranked as the materials with the greatest promise both as candidates for bone 
tissue engineering or bone substitute materials. Cato et al. recently summarised 
the different types of bone graft materials available and analysed the results of 
recent prospective, controlled, randomised studies using bone grafts with differ¬ 
ent biological entities in the systems, which highlights the importance of calcium 
phosphates in bone regeneration. 1 
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28.2. CALCIUM PHOSPHATE CEMENTS 

Current strategies in developing calcium phosphate bone substitutes are 
focused towards in situ setting of the cements under physiological conditions 
with adequate mechanical properties, which can be tailored to resorb by control¬ 
ling structure and composition. Calcium phosphates show excellent biocompati¬ 
bility and are able to integrate biologically with bone in the living body due to 
their similarity to poorly crystalline carbonated hydroxyapatite (HA), which 
forms the mineral component of bone and teeth, see Chapter 17. This is one of 
the main reasons for their widespread use as a bone substitute or bone repair 
material and thus has been widely researched and used in orthopaedics, dental 
applications and increasingly they are being applied in spinal surgery. 2-4 

Calcium phosphate biomaterials can be divided in two major categories: 
the ceramic calcium phosphates and the calcium phosphate cements. The ceramic 
calcium phosphates are clinically applied in the form of blocks or granules, which 
exhibit excellent biocompatibility that is able to support bone growth and osseoin- 
tegrate mainly at the surface. Ceramic calcium phosphates are thus limited by poor 
resorbability, lack of adhesiveness, require pre-shaping and are brittle in nature. 
These limitations led to the development of self-setting calcium phosphate 
cements (CPCs), which was a significant step towards the clinical application of 
calcium phosphates. The self-setting cements confer the ability to mould the mate¬ 
rial into any desired shape, such that it can be easily introduced in irregularly- 
shaped bone cavities. Excellent cytocompatibility, bioactivity, mouldability and 
resorbability make calcium phosphate cements a unique group of materials which 
have made a significant impact in the field of bone regeneration. This chapter will 
provide a brief overview of calcium phosphate cements and their applications. 


28.3. CALCIUM PHOSPHATE CEMENTS CHEMISTRY 

Calcium phosphate cement is a generic term that describes hydraulic 
cements formed from a mixture of precursors that constitute one or several cal¬ 
cium phosphate powders and a liquid or aqueous component that sets to a hard¬ 
ened mass, with the end product being a calcium phosphate material. The concept 
of CPCs was first introduced by LeGeros et al. and Chow et al., and since has 
received much attention due to the in situ handling properties and the ability to 
shape and mould in comparison to calcium phosphate bioceramics. 5-7 

Calcium orthophosphates are salts of calcium derived from orthophos- 
phoric acid, which may be obtained by precipitation at room temperature or at 
high temperatures. These compounds (see Table 28.1) can be used as reactants for 
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Table 28.1. Calcium Orthophosphate Compounds. 

pH Stability 

Ca/P Range in Aqueous 

Compound Chemical Formula Ratio Solutions at 25°C Abbreviation 

Compounds obtained at room temperature under aqueous conditions 


Monocalcium 

phosphate 

monohydrate 

Ca(H 2 P0 4 ) 2 H 2 0 

0.50 

0.0-2.0 

MCPM 

Dicalcium 

phosphate 

dihydrate 

CaHP0 4 2H 2 0 

1.00 

2.0-6.0 

DCPD 

Octacalcium 

phosphate 

Ca g (HP0 4 )2(P04) 4 

5H 2 0 

1.33 

5.5-7.0 

OCP 

Precipitated 

hydroxyapatite 

Ca 10 (PO 4 ) 6 (OH) 2 

1.67 


PHA 

Amorphous 

calcium 

phosphate 

Ca x H y (P0 4 ) z ■ nH 2 0, 

1.35-1.5 

Metastable 

ACP 

Calcium Ca 10x (HPO4) x 

deficient (P0 4 )^ X (0H) 2 x 

hydroxyapatite 

Compounds obtained at high temperature 

1.50-1.67 

6,5~9.5 

CDHA 

Monocalcium 

phosphate 

anhydrous 

Ca(H 2 P0 4 ) 2 

0.50 

Stable only above 
100°C 

MCPA 

Dicalcium 

phosphate 

anhydrous 

CaHP0 4 

1.00 

Stable only above 
100°C 

DCP 

a-Tricalcium 

phosphate 

aCa 3 (P0 4 ) 2 

1.50 


aTCP 

P-Tricalcium 

phosphate 

pCa 3 (P0 4 ) 2 

1.50 


PTCP 

Tetracalcium 

phosphate 

Ca 4 (P0 4 ) 2 0 

2.00 


TTCP 

Sintered 

hydroxyapatite 

Ca 10 (PO 4 ) 6 (OH) 2 

1.67 


s-HA 
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CPCs, wherein the setting and hardening of these materials are controlled by 
dissolution-precipitation reactions at room or body temperature and involve crys¬ 
talline phase transformations. CPCs generally consist of a concentrated mixture 
of one or several calcium phosphate powders and an aqueous solution and only 
those transformations that can occur at physiological temperature under aqueous 
conditions can be considered for in vivo applications. 

28.3.1. Apatite and Brushite Based Calcium Phosphate Cements 

Calcium phosphate cements typically consist of a solid and liquid compo¬ 
nent, which, when mixed at specific molar ratio and pH, can yield cements that 
can be divided into two major types: apatite and brushite. The precursors and 
their solubility isotherms determine the rate of setting and products formed, 
where water serves as a medium to dissolve the precursors. When the pH of the 
cement paste is below 4.2 the product formed is dicalcium phosphate dihydrate 
(DCPD), known as brushite, where a pH higher than 4.2 yields the apatite 
cements or the calcium deficient hydroxyapatite (CDHA), as shown in Fig. 28.1. 



Figure 28.1. Schematic of the formation of calcium phosphate cements. 
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The final product, as a result of the reaction, is important, as it governs the in vivo 
bioresorbability. There seems to be a greater emphasis, so far in literature, on the 
apatite-forming cements and their in vivo application due to its similarity to the 
mineral component of bone. 2,3,8 However, in the last decade or so a number of 
investigators have focussed on the brushite cements due to their metastable nature 
and rapid resorbability. 9-12 


28.3.1.1. Apatite cements 

Calcium phosphate cements form via the dissolution of the precursors in 
an aqueous medium, leading to the precipitation of the final product after super¬ 
saturation occurs. The solution thermodynamics largely govern the setting reac¬ 
tion of calcium phosphates. The rate of the reaction is also dependent on the 
chemical composition, pH and the granulometry of the precursors used to form 
the cement. The precipitation occurs and the newly formed crystals and subse¬ 
quent crystal growth leads to the hardening of the cement. One of the first CPCs 
was the classic Brown and Chow formulation, wherein a mixture of equimolar 
amounts of tetracalcium phosphate (TTCP) and DCPD were reacted in a 4:1 
powder to liquid ratio, with water as the liquid phase, the acid-base interaction 
leading to a poorly formed CDHA. This highly viscous paste could be moulded 
but not injected and is therefore used mainly as a contouring material in cranio¬ 
facial surgery. In the 1990s, it was established that there were about 15 different 
binary combinations of calcium orthophosphates, which gave pastes upon mixing 
with water or aqueous solutions, so that the pastes set at room or body tempera¬ 
ture into a solid cement. 2 

The mixture of TTCP and DCPD has a singular point around a pH of 8.5 
and the most stable form being HA at this pH is thus precipitated. The driving 
force towards crystallisation is the relative stability of the salts and phases such 
as OCP that may form during the process, but because it is metastable and more 
soluble than HA, it is eventually transformed into HA. The reaction is shown in 
Equation 28.1. 


2Ca 4 (P0 4 ) 2 0 + 2CaHP0 4 -> Ca 10 (PO 4 ) 6 (OH) 2 (28.1) 

The apatite forming CPCs can form either precipitated hydroxyapatite 
(PHA) or CDHA. During the actual formation of cements the pH border shifts and 
brushite may be formed up to a pH of 6, whereas the apatitic cements form at pH 
greater than 6.5. There are three main groups of CPCs that form the apatite 
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cements. The first type involves the reaction of two calcium phosphates, as exem¬ 
plified by the classic Brown and Chow cement with one acidic component and 
one basic in nature. 13 Most formulations use TTCP, as it is the only basic compo¬ 
nent with a Ca/P ratio higher than PHA and hence can be reacted with other cal¬ 
cium phosphates with a lower Ca/P ratio to yield PHA or CDA. The reaction in 
Equation 28.1 clearly shows that it does not produce any acidic or basic bypro¬ 
ducts and thus can be used for clinical applications. Norian SRS® and Biocement 
D® are examples of commercial apatite type CPCs that form a nonstoichiometric 
carbonate apatite or dahllite [Ca 8 (HPO 4 ) 07 (PO 4 ) 45 (CO 3 ) 07 (OH) 13 ] as the end- 
product, which are formed in an aqueous environment with low crystallinity, and 
thus are very similar to the mineral content of the hard tissues in the body. 2 

The second type of setting associated with CPCs involve only one phase, 
wherein a metastable calcium phosphate undergoes hydrolysis in aqueous media, 
thus the Ca/P ratio remains the same for both the starting component and the 
hydrolysed product. Examples include the interaction of a-TCP or (3-TCP with 
aqueous solutions, nanocrystalline TTCP and an aqueous solution etc., yielding 
CDHA as a result of the recrystallisation process. 14-16 

Ca x H y (P0 4 ) z • nH 2 0 + H 2 0 —> Ca , 0 x (HPO 4 ) x (PO 4 ) 6 x (OH) 2 ;t + nH 2 0 
3(a- or p-)Ca 3 (P0 4 ) 2 + H 2 0 —> Ca 9 (HP0 4 )(P0 4 )5(0H) 

3Ca 4 (P0 4 ) 2 0 + 3H 2 0 -a Ca 9 (HP0 4 )(P0 4 )5(0H) + 3Ca(OH) 2 

The third type of CPC can be obtained by the interaction of two or more 
calcium phosphates with other salts such as calcium carbonates, strontium car¬ 
bonate, magnesium phosphate etc. Strontium substitutes are being increasingly 
researched with a view to enhance radio-opacity and also improve osteoblastic 
activity. The commercial cement Norian SRS®, a skeletal repair system marketed 
by Norian, is an example of this type, wherein mixtures of calcium phosphates 
with Ca/P ratios lower than PHA are used and calcium carbonate is added to 
provide the extra calcium ions. The final setting product is a carbonated HA with 
a Ca/P ratio between 1.67 and 1.69. 


28.3.1.2. Brushite cements 

Brushite based cements were first reported by Mirtchi and Lemaitre via 
reacting an acidic calcium phosphate and basic P-tricalcium phosphate in the 
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presence of water, as shown in Equation 28.2. 17 The formation of brushite 
requires large amounts of water in contrast to apatite cements, and thus are truly 
hydraulic cements. An example of the acid-base type interaction was the formu¬ 
lation reported by Lemaitre et al., where (3-TCP was reacted with the acidic 
monocalcium phosphate monohydrate (MCPM) to form brushite, as shown in 
Equation 28.2. 17 

P-Ca 3 (P0 4 ) 2 + Ca(H 2 P0 4 ) 2 • H 2 0 + 7H 2 0 -» 4CaHP0 4 ■ 2H 2 0 (28.2) 

It can be observed from Equation 28.2 that the acidic MCPM can be sub¬ 
stituted with orthophosphoric acid, whilst (3-TCP may be replaced with a-TCP 
and different CPCs can be obtained, such as the reaction shown in Equation 28.3. 
Thus, an array of cement formulations can be prepared and are available as con¬ 
stituents of different bone substitutes. 

Ca 9 (HP0 4 )(P0 4 ) 5 (0H) + 3H 3 P0 4 + 17H 2 0 -» 9CaHP0 4 ■ 2H 2 0 (28.3) 

The reaction in the formation of brushite is very rapid and the hardening 
occurs in ~30 seconds, making it difficult to handle in a clinical situation. During 
setting of a (3-TCP and MCPM cement, the cement pH varies from being very 
acidic with pH values of ~2.5 in the early stages of setting to almost neutral pH 
values of ~6.0. Brushite cements are formed via consuming water in their setting 
reaction and they have fairly weak mechanical properties. The inhibition of crys¬ 
tal growth during setting results in the formation of smaller-sized crystals which 
may improve mechanical properties via close packing of the crystals. Brushite- 
based cements can be stable, dissolve or reprecipitate to a more thermodynamic 
stable calcium phosphate phase, such as OCP and HA, or disintegrate. 1819 
Brushite is thermodynamically metastable and as a consequence it is difficult to 
predict the behaviour of brushite in a physiological environment, and for this 
reason discordant data is reported in literature. 20 Studies have indicated that acidic 
calcium phosphates, namely brushite and monetite, are osteoconductive, osteoin¬ 
ductive and resorb at a faster rate than HA. 21 - 22 However, research over the last 
two decades has made it possible to create brushite cements in clinically accept¬ 
able times and these cements are of interest in bone regeneration due to their 
biocompatibility and rapid resorption. 10 In vivo studies have shown that HA 
allows the formation of a bond between bone and the external surface, whereas 
the use of brushite led to the observation of a gap of around 400 pm existing 
between the new bone and the cement, indicating the resorption of brushite. 23 
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In vitro aging in liquid medium is dependent on factors that can be divided for 
simplicity into two categories. The first correlates to the composition of the liquid 
medium as: concentration of free calcium and phosphorous ions, pH value, 
refreshing frequency of the media and weight/volume ratio between medium and 
sample. The second category relates to the cement formulation and working tem¬ 
perature. Bohner et al. reported the aging of brushite cement in distilled water at 
different temperatures and observed that high temperature and low pH (due to the 
presence of large amounts of phosphoric acid in the base formulation) trigger the 
conversion of brushite into monetite. 24 Monetite can also he formed by dehydra¬ 
tion of brushite to form the anhydrous dicalcium phosphate (DCP) or by modify¬ 
ing the precipitation conditions to favour the crystallisation of monetite. 
Preformed monetite can be obtained by the modification of a- or (3-TCP block 
immersed in phosphoric acid solution or by hydrothermal modification of brush¬ 
ite matrix that is obtained from calcium phosphate cement formulations. 25 
Monetite can be formed under very low pH conditions and precipitation of it can 
occur in calcium hydroxide-based DCP cements in the presence of excess phos¬ 
phoric acid. Monetite can also be prepared using (3-TCP-based cements in the 
presence of excess MCPM or via thermal dehydration of brushite. 10 Monetite 
DCP, unlike brushite, is slightly less soluble and appears not to transform to HA, 
which has the tendency to precipitate as insoluble HA, slowing its replacement 
by bone. 26 Thus, the finding that monetite is osteoconductive and resorbable in 
vivo makes it a very suitable material as a scaffold for bone tissue engineering. 
However, it may not be applied as an in situ setting material due to the extremely 
low pH requirements. 27,28 

28.4. PROPERTIES 

The setting reaction of calcium phosphates occur in three main stages: the 
dissolution of the precursors, which is dependent on the solubility parameters 
and the mean particle size of the powders; the formation of new crystals; and 
finally, the entanglement of the crystals lead to the hardening. The hardening 
process can take several days; however, an early setting occurs, at which stage 
5-15% of the reaction has taken place. In general, most CPC formulations either 
set too fast, as in the brushites, or too slow, such as in the apatitic cements. 
Ideally, calcium phosphate cements should set in a time that provides the clini¬ 
cian adequate time to perform the implantation and prevent delays due to slow 
setting. Generally, calcium orthophosphate cements must set slowly enough to 
provide sufficient time for a surgeon to perform implantation but fast enough to 
prevent delaying the operation. The setting should also ensure that adequate 
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mechanical properties are attained at this stage. The most common method 
employed to study the hardening of the cements is the application of Gillmore 
and Vicat needle test methods, which are standard recommended methods 
(ASTM C266-89; ASTM 091-92) that examine the indentation on the surface 
of the cements at different periods of time, with setting being indicated by no 
visual indent on the surface of the cements. Other techniques for determining 
setting time that have been applied are isothermal differential scanning calorim¬ 
etry, Fourier transform infrared spectroscopy, impedance spectroscopy etc. The 
setting time can be regulated in either case with the introduction of additives. 
The trend is to introduce either seed crystals in the powder or phosphate ions in 
the liquid phase for the quicker precipitation of the apatites, whereas in citrates, 
pyrophosphates are added in the liquid phase to enhance the setting time of 
brushite forming cements. The setting of calcium phosphates is exothermic, 
however, as the process is slow, the temperature rise is not high enough to cause 
tissue damage during the hardening of the cement. The mixing of the powder and 
liquid is a critical step that allows the particulates to be wetted by the liquid 
phase for the onset of the dissolution step in the formation of a CPC. It is impera¬ 
tive that the powder particles are homogenously mixed with the liquid phase and 
the inclusion of air bubbles should be avoided, as both can compromise the 
mechanical properties of the cement. It has been often noted that different opera¬ 
tors mixing the cements can result in varying mechanical properties. It is custom¬ 
ary to mix the powder and liquid phase using a pestle and mortar under sterile 
conditions in the operating theatre prior to it being either moulded or placed in a 
syringe for dispensing it into the bone defects. However, this has been shown to 
generate a large degree of variation in the resulting properties, which has led to 
the advent of proprietary mechanical mixing devices such as the electrically 
powered mixing machine for Norian SRS/CRS® or Mini-malax® mixing system 
for Cementek® cement, Teknimed S.A. The flow characteristics of calcium phos¬ 
phate cement are important, as these cements either need to be injected or 
moulded and placed in the bone defect site by the clinician. Placing putty-like 
pastes requires high viscosity cements that can be moulded by the clinician, 
whereas it is desirable to have a low viscosity for an injectable CPC. Injection of 
high viscosity cements is not only difficult to handle but the high injection forces 
may lead to phase separation, thus affecting cement setting. 29,30 Habib et al. 
recently reported the potential of an electromechanical approach to improve the 
injectability of CaP pastes and demonstrated that injectability dramatically 
improved through ultrasonication-assisted delivery devices. 31 Low viscosity 
cements are favoured for injectability, but it increases the risk of extravasation 
and limits clinical application, especially in spinal procedures. 
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28.4.1. Porosity 

There are two main types of porosity in CPCs: micro- and macroporosity. 
Pore sizes below 5 pm are considered micropores and sizes greater than 100 pm 
are macropores. Porosity in bone substitutes is an important requirement for bone 
formation because it allows the migration and proliferation of the cells and is 
responsible for vascularisation. The porosity also has a role to play in the resorp¬ 
tion and biointegration of the material with the host tissue. Typically, CPCs are 
microporous and the pore size range from 0.1 to 10 pm. The minimum recom¬ 
mended pore size for bone substitutes is approximately 100 pm, but some 
researchers suggest bone formation is better with pore sizes around 300 pm. 
However, this is not definitive and reports in the literature vary. Microporosity in 
the calcium phosphate cement causes an increase in surface area, which is benefi¬ 
cial due to the higher adsorption of bone-inducing proteins. Micropores can also 
enhance the formation of apatite via dissolution and reprecipitation but can pro¬ 
foundly influence the mechanical properties. 32 Porosity has a marked influence on 
the mechanical properties of CPCs, however few systematic investigations are 
reported. In a related study Zhang et al. used an a-TCP cement, formed via 
hydrolysis, and demonstrated that the coarser the microstructure the larger the 
critical flaw size, causing fracture, and in macroporous systems the critical flaw 
size increased with macroporosity. 33 Thus, by controlling the microstructure, the 
relationship between strength and porosity can be moderated. 


28.4.2. Mechanical Properties 

CPCs are brittle in nature and exhibit superior behaviour in compression 
in comparison to tensile and shear properties. The compressive strength of diff¬ 
erent CPCs may vary from 10-00 MPa, with tensile strengths being much lower, 
between 1 and 10 MPa. The mechanical properties of CPCs show a wide range 
of variation from the mean values and are not narrowly distributed. Although 
important mechanical properties required to characterise CPCs include compres¬ 
sive, tensile and fracture toughness, most data available in literature are limited 
to compression tests. The compressive strength of different CPCs have been 
reported by numerous workers, however, there is a wide variation due to the 
inherent porosity, particle size, powder to liquid ratio, use of accelerators and 
seed content, combined with the variation in testing methodology, especially due 
to different pre-sampling treatments. A number of commercial bone substitutes 
are shown in Table 28.2, with available composition and their compressive 
strengths. 
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Table 28.2. The Compressive Strength of Some Commercial Calcium Phosphate Bone 
Cements. 


Cement 

Powder Composition 

Compressive 
Strength in MPa 

Manufacturer 

BoneSource® 

TTCP & DCPD 

36 

Stryker, Synthes 

Norian SRS® 

a-TCP + CaC0 3 + 
MCPM 

50 

Norian 

Calcibon® 

a-TCP + DCP + PHA 
+ CaC0 3 

60 

Biomet 

Injectable JectOS® 

DCP + TCP + Zirconia 

35 

Rotamed 

Cementek® 

a-TCP + TTCP+ 

sodium 

glycerophosphate 

15-25 

Teknimed 


28.5. IN VIVO BEHAVIOUR OF CPCS 

CPCs are a promising group of materials in bone repair and regeneration. 
They can be made into any shape and applied as an in situ setting cement as 
pastes or in preformed shapes, as shown in Fig. 28.2. Cells have the ability to 
attach to CPCs and allow osteoblasts to attach, proliferate and differentiate. When 
osteoblasts differentiate they produce collagen type I, alkaline phosphatase, pro¬ 
teoglycans and the matrix proteins osteocalcin, osteopontin and bone sialopro- 
tein, which indicate bone formation. CPCs are very biocompatible, osteoconductive, 
can stimulate tissue regeneration and undergo gradual remodelling. Apatite CPCs 
are capable of setting at both physiological temperature and pH, are similar to the 
mineral content of bone, mechanically adequate and set at neutral pH. 34 They 
have been shown to stimulate bone in-growth to a greater extent than unfilled 
defects. 3 ' 3536 Apatitic calcium phosphate cements possess excellent biological 
properties but there is controversy regarding their resorbability. Some studies 
suggest that the resorption of these cements is extremely slow and others differ 
in their observations. The resorption is thought to occur via cell mediated pro¬ 
cesses and osteoclastic activity, which can degrade the material from the surface 
and continue to the core. The biodegradation of apatite cements is faster than 
ceramic apatites, nevertheless they are slow. 3,37-41 Brushite and monetite cements 
have been shown to be cytocompatible and research in this field has expanded 
rapidly in the recent years. 10 Brushite, in contrast to apatite cement, is metastable 
and has a much faster resorption in vivo. Studies have shown brushite cement to 
be completely converted to octacalcium phosphate after immersion in Dulbecco’s 
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Figure 28.2. Porous blocks, granules and different shaped macroporous and micropo- 
rous CPCs. 


modified Eagle medium (DMEM) cell culture medium; in contrast, Grover et al. 
observed that aging of bmshite in fetal bovine serum inhibited both dissolution of 
bmshite and the formation of HA. 18 ' 42 Bohner et al. reported the ageing of brush- 
ite cement in distilled water at different temperatures and observed that high 
temperature and low pH (due to the presence of large amounts of phosphoric acid 
in the base formulation) triggers the conversion of brushite into monetite. 24 
Bmshite cements have a fairly rapid rate of resorption and form a gap between 
the cement and newly formed bone because the rate of resorption exceeds the rate 
of bone formation. Bmshite cements eventually convert to HA, which slows 
down the resorption rate, and bone is able to form in direct contact. In contrast, 
monetite does not transform to HA and may resorb completely. 


28.6. MODIFICATION OF CPCS 

One of the main drawbacks of CPCs is their brittle nature and poor 
mechanical properties that limit clinical applications to non-load bearing areas. 
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The other important consideration is the poor cohesion of the cement in the early 
stages after setting, which has led to several efforts in improving the early wash¬ 
out of the cement. Polymeric materials such as alginate, chitosan and gelatin 
have been incorporated in CPCs to enhance the anti-washout and mechanical 
properties. Shie et al. reported on the addition of a 2% solution of gelatin to a 
calcium carbonate and MCPM mixture to form a CPC, which increased the set¬ 
ting time and hardened in a clinically acceptable time with improved strength. 43 
Miyazaki et al. used a number of water soluble polymers, such as poly(acrylic 
acid) and poly(vinyl alcohol), and added them to TTCP-DCPD cements, with the 
result of an increase in the compressive strengths but with shorter working and 
setting time. 44 The molecular weight and concentration of poly(acrylic acid) 
added to the TTCP-DCPD cements yielded optimised properties with increased 
compressive strength and acceptable setting time. 45 " 46 Matsuya et al. reported 
that the use of a less reactive poly acid, namely poly(methyl vinyl ether-maleic 
acid), with TTCP yielded cements with significantly higher compressive 
strength. 47 Both poly(acrylic acid) and poly(methyl vinyl ether-maleic acid) were 
subsequently used to form apatite cements using commercial HA cements, 
BoneSource® (Stryker) and two other experimental CPC cements, which formed 
cements in clinically acceptable times, with the experimental CPCs showing 
significantly higher compressive and diametral tensile strengths. In vivo studies 
showed that these cements elicited an acute inflammatory response which sub¬ 
sided within a week. 48 

Regenerative medicine aims to minimise reliance on autografting proce¬ 
dures in bone repair, and thus synthetic scaffolds are being intensively researched 
to apply tissue engineering approaches for functional replacement of bone tissue. 
Thus, the established cytocompatibility and the biomimetic nature of the calcium 
phosphate phase, which allows for cell attachment, proliferation and expression 
of osteoblast phenotypes, render them as a preferred group of materials to func¬ 
tion as scaffolds for bone tissue engineering. CPCs in general are dense materials 
containing micropores, however it is well established that an interpenetrating 
macro- and microporous structure is desirable for bone tissue engineering. This 
has led to efforts in creating macroporous scaffolds or injectable CPCs with 
porosity, although increasing porosity is expected to decrease the mechanical 
properties, even further limiting the clinical applications. Processing strategies 
for introducing porosity in CPC cements include soluble porogens, degradable 
fibres, gas foaming and rapid protyping 49 A study by Lopez-Herida et al. on the 
effect of mesoporosity in CPCs recommended that porogens should have a mini¬ 
mum size of 40 pm and be incorporated at approximately by 30 wt% in CPC. 50,51 

Fibre reinforcement has been used to enhance mechanical properties of 
composites and naturally has been explored for improving the properties of 
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CPCs. 52 It is desirable to have CPCs with adequate strength during the early 
stages of implantation, to be able to provide mechanical stability. Randomly 
dispersed short fibres made of polymers improve the fracture toughness of CPCs 
and the incorporation of resorbable fibres in addition allows the formation of 
pores as they are lost via degradation. An interconnecting porous structure is 
known to favour bone regeneration and benefits from the potential to allow vas- 
cularisation, thus degradable fibres prepared from polyglycolide, polylactide 
and polycaprolactone have been included in CPCs. The addition of electrospun 
ultrafine fibres made from poly(e-caprolactone) (PCL) (PCL12: 1.1 pm, PCL15: 
1.4 pm, PCL18: 1.9 pm) and poly(l-lactic acid) (PLLA4: 1.4 pm) to Calcibon® 
at different weight fractions of 1%, 3%, 5% and 7% improved fracture resist¬ 
ance, with the toughness dependent on the amount of fibres incorporated but 
independent of the diameter. The fibres created channel-like porous structures in 
the cement and the degradation caused a dramatic increase in the interconnected 
porosity. 53 Fibres prepared from bioactive glass with the ternary SiO,-CaO-P 2 0 5 
system have also been reported to enhance the elastic modulus and work of 
fracture of CPCs with a slight decrease in setting times, indicating that the prop¬ 
erties of the CPCs can be tailored according to surgical requirements. 54 Silk 
fibroin fibres used in a-TCP cements provide a substantial reinforcement of the 
cement, and mesenchymal stem cells were able to successfully differentiate into 
osteogenic lineage and thus could have potential for in vivo bone regeneration. 55 
These systems are able to sustain cell growth; however more extensive studies 
are required to determine the rate of degradation of the fibres within a CPC 
matrix. The dispersion of the fibres and interfacial adhesion between the 
matrixes needs to be investigated further to correlate their mechanical properties 
to composite formation. 


28.7. CPCS AND DRUG DELIVERY 

The fact that CPCs have a low setting temperature and are microporous in 
nature make them suitable as candidates for drug delivery. The important prereq¬ 
uisite for a drug delivery carrier is the ability to retain the drug in a specific target 
site and to deliver it progressively with time in the surrounding tissues. Drugs can 
be incorporated within the precursors of the calcium phosphates to form the 
cement, which is a distinct advantage over just adsorption on the surface, but 
the activity of the drug must not be affected. CPCs have been used to incorporate 
bisphosphonates, a class of drugs used for the prevention or treatment of osteo¬ 
porosis. The advantage of such systems is that it not only functions as a bone 
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substitute but also provides therapeutic action via the local regulation of osteo¬ 
clastic activity, characteristic of osteoporosis. 56 

Growth factors are often added to scaffolds or bone substitutes to enhance 
tissue regeneration. Growth factors are expensive, sensitive to heat, solvents and 
different pH environments, and one alternative approach to enhance bone forma¬ 
tion is the incorporation or substitution with trace elements. Strontium is present 
in small amounts in the mineral phase of bone and recently the beneficial effect 
of strontium has been recognised in the treatment of osteoporosis. 57 Research 
findings have also shown that partial substitution of Ca 2+ with Sr 2+ ions in HA 
improve mechanical properties and the rate of dissolution caused by the distortion 
of the HA lattice. 58 Strontium is also known to modulate bone cell recruitment 
and thereby stimulates bone formation and inhibits osteoclast activity to a certain 
extent. Furthermore, strontium increases radio-opacity, which is one of the 
requirements for cements used in spinal surgery. Based on these properties, the 
inclusion or substitution of Sr in CPCs has the potential to enhance the bioactivity 
of CPCs. New routes of introducing Sr in CPCs were proposed by Wang et al, 
which revealed that by mixing 50 wt% Sr- amorphous calcium phosphate 
(Sr-ACP) and 50 wt% dicalcium phosphate dehydrate (DCPD), strontium could 
be doped into HA lattice, increasing the lattice dimensions and lattice volume, 
whereas mixing 50 wt% ACP with amorphous strontium phosphate and 50 wt% 
DCPD yielded HA and Sr-HA separately in the hydrated cement. 59 Recently, 
Romieu et al. reported on a calcium-strontium mixed injectable and radio-opaque 
hydraulic cement setting to form a strontium-calcium deficient carbonate apatite 
with a radio-opacity three times greater than cortical bone. 60 The compressive 
strength reported was approximately 20 MPa, which still limits the use for non¬ 
load-bearing applications; however, the enhanced radio-opacity confers the 
potential application in spinal applications. Sr-substituted calcium phosphate 
cements prepared with Sr-substituted (3-TCP and MCPM were loaded with an 
antibiotic doxycycline hyclate via adsorption in the set cement, and by adding in 
the liquid phase it was reported that efficient drag binding occurred and cements 
that were formed with the antibiotic in the liquid phase released higher fractions 
of the drag, indicating that the Sr substitute CPCs could also be considered as a 
vehicle for drag delivery. 61 


28.8. APPLICATIONS 


Different physical forms, such as injectable/mouldable pastes, preset 
material, granules and printed blocks of brashite and monetite, have been used as 
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bone substitute materials. A number of CPCs are currently available commercially 
as bone substitutes. CPCs are capable of setting at both physiological temperature 
and pH and have been shown to stimulate bone in-growth to a greater extent than 
unfilled defects. 34,36 Despite excellent biological properties, the mechanical proper¬ 
ties of CPCs are weak, they are predominantly dense and the merits of one CPC 
above another are often difficult to distinguish. Norian SRS® (Synthes), BoneSource® 
(Stryker), Hydroset® (Stryker) and Calcibon® (Biomet) are some examples of apa¬ 
tite cements. Examples of commercial brushite cements include chronOS Inject® 
(Synthes), PD VitalOs®, Calcibon® (Biomet), Norian SRS (Synthes, Inc, West 
Chester, Pennsylvania), JectOS® (Kasios) and ProOsteon (Biomet, Parsippany, New 
Jersey). CPCs have been more recently modified to function as injectable bone 
substitutes; some commercial examples currently available to the surgeon are 
BoneSource®, BoneSave®, HydroSet® (Stryker, Kalamazoo, Missouri), Actifuse® 
(ApaTech® Limited, Elstree, Hertfordshire, UK) and Vitoss® Synthetic Cancellous 
Bone Filler (Orthovita, Inc., Malvern, PA). The mechanism of action of these sub¬ 
stitutes provides a foundation for cells to migrate to from the wound edges, eventu¬ 
ally leading to the repair of the bony defect. 

Current strategies in the development of CPCs include tailoring of cement 
properties to enhance resorbability, enhancing clinical handling, substituting cal¬ 
cium phosphates and combining fast and slow resorbing cements and polymeric 
composite CPC cements. 48 ' 52 ' 53 ’ 62-64 Indeed, be they dense porous materials or inject¬ 
able cements, the sheer number of synthetic bone substitutes now available to the 
surgeon makes selection of any one particular synthetic substitute over another a 
difficult task, a choice typically dictated by a surgeon’s personal preference. 


28.9. SUMMARY 

A large proportion of orthopaedic, craniomaxillofacial and dental surgical 
procedures require bone grafts, and with the growing demands there still remains 
a need to design synthetic bone grafts that mimic the structure and composition 
of bone and good surgical handling properties. Bone grafts currently fall into 
three main categories: autografts, allografts and synthetic grafts. Autografting is 
the gold standard; however, it is associated with a second site morbidity, inade¬ 
quate volume of graft material and sometimes the need for further surgical inter¬ 
vention. Current synthetic bone grafts are primarily made either from CPCs or 
self-setting CPCs and composite materials; however, structurally and mechani¬ 
cally these are yet to match the autografting procedure. In addition, most bone 
substitutes are only able to integrate with the edges of the wound bed, with the 
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core remaining isolated compounded with lack of vascularisation or replacement 
of the material with new bone, leading to failures, especially in larger sized 
defects. 

Augment™ Bone Graft (rhPDGF/p-TCP), a biosynthetic bone graft sub¬ 
stitute marketed by BioMimetic Therapeutics (NASDAQ: BMTI) for autograft in 
foot and ankle fusions, was the subject of a recent clinical trial, which established 
that it had a comparable performance to that of autografts. Another clinical trial 
using P-tricalcium phosphate (|3-TCP)/HA with bone marrow aspirates by Bansal 
et al. also showed that the combination of the two provided similar outcomes as 
autografting in posterior stabilisation using pedicle screw and rod assembly, and 
fusion in unstable lumbar and dorsal spinal injuries. 65 Though the merits of one 
synthetic bone substitute above another are often difficult to distinguish, the fact 
that synthetic bone substitutes account for less than 10% of all bone substitutes 
used in grafting procedures simply highlights the fact that synthetic substitutes so 
far fall below the standards set by autologous bone. 
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Chapter 29 

RADIOTHERAPY GLASSES 

Delbert E. Day and Thomas E. Day 


29.1. INTRODUCTION 

Radiotherapy glasses are defined as radioactive glasses used for in situ irra¬ 
diation, beta or gamma radiation, of targeted organs inside the body. 1,2 Glasses used 
for this purpose must not only be biocompatible, but also chemically insoluble in 
the body during the time that the glass is radioactive, to prevent the unwanted 
release of the radioisotopes from the targeted site. The development of radiother¬ 
apy glasses was motivated by the need to deliver large (>10,000 rads), localized 
doses of beta radiation to diseased organs in the body in such a way as to minimize, 
and ideally avoid, damage to adjacent healthy tissue. Irradiating malignant tumors 
inside the body by external beam radiation is limited in several important ways. 
A major limitation is that the maximum dose which can be safely delivered is con¬ 
strained by the need to protect surrounding healthy tissue and is usually too small 
(<3,000 rads) to be therapeutic. Furthermore, external irradiation with energy 
radiation such as gamma often causes damage to healthy tissue. The lower energy 
beta radiation is not well suited for delivery by external means because its smaller 
range in tissue may be too small for it to reach the target site. Since beta radiation 
is preferred in many cases, a means of in situ radiation is advantageous. 

For use as in vivo radiation delivery vehicles, radiotherapy glasses should 
be: biocompatible and nontoxic to the body; chemically insoluble during the time 
the glass is radioactive; and have high chemical purity. Aluminosilicate glasses 
containing yttrium and rare earth (RE) cations such as Sm, Ho, Re, and Dy satisfy 
these criteria. 3-5 Furthermore, they have the advantage that radioisotopes such as 
Y-90, Sm-153, and Ho-166 can be made by neutron activation as the last step in 
the manufacturing process, so that the glass can be manufactured in the normal 
way, avoiding the handling of radioactive materials. 

Yttrium aluminosilicate (YAS) glasses have been successfully used clini¬ 
cally for 25 years. 6-18 This application uses YAS glass microspheres, containing 
Y-90, to irradiate malignant tumors in the liver. Depending upon the size of the 
liver, desired dose, and diameter of the microspheres, the surgeon injects 
1-15 million microspheres of radioactive YAS glass, 15-35 pm in diameter, into 
the hepatic artery, the primary blood supply for the target tumors. Microspheres 
are sized so that the blood carries them into the capillary bed of the fiver, but they 
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are too large to pass completely through the liver and enter the circulatory system. 
Since the distribution of the radioactive microspheres follows the blood flow, the 
microspheres will concentrate in the tumor, which has a greater than normal 
blood supply, and irradiate the tumor with beta rays. Typically, 80% of the dose 
reaches the tumor. Since Y-90 has a half-life of 64.1 hrs, the radioactivity decays 
to a negligible level in about 21 days. 

Radiotherapy glasses can be made in a variety of shapes, such as irregular 
particles, fibers, or spheres. Microspheres are the shape of choice since the diam¬ 
eter can be carefully controlled and the smooth spherical surface helps with easy 
injectable delivery of the particles to the target. 


29.2. PROCESSING 

A typical manufacturing sequence for preparing radiotherapy glass micro¬ 
spheres is given in Fig. 29.1. 5 The first step is the melting of a homogeneous 
mixture of high purity powders, such as Y 2 0 3 , A1 2 0 3 , and Si0 2 , in a platinum 
crucible. Melting typically occurs at 1550-1650°C for the RE aluminosilicate 


1. GLASS MELTING 

a. Select chemically pure raw materials (oxides) which do not 
contain any impurities that would form undesirable radioisotopes 
during neutron irradiation. 

b. Mix raw materials to form a homogeneous mixture of powders. 

c. Melt raw materials to form homogeneous glass. 

2. SPHERIODIZATION (MICROSPHERE FORMATION) 

a. Crush glass to particles of desired size. 

b. Inject particles into gas-oxygen flame to melt each particle and 
form solid glass sphere (flame spray powder). 

c. Collect microspheres in suitable container. 

3. SIZING - screen or separate microspheres into desired size range. 

4. NEUTRON ACTIVATION — irradiate microspheres in nuclear 

reactor (several days) until desired level of radioactivity is achieved. 

Package microspheres for delivery to physician. 


Figure 29.1. Steps in manufacturing radiotherapy glass microspheres. 
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Weight % 

Al 2°3 

Figure 29.2. Glass formation region (<1,600°C) for Y 2 0 3 , Ho20 3 , or Sm 2 0 3 aluminosili¬ 
cate glasses. 


compositions inside the glass forming areas depicted in Fig. 29.2. After melting, 
the chemically-homogeneous melt is quenched to room temperature and crushed 
to a powder of the desired size. This powder is spheriodized by passing the parti¬ 
cles through a gas/oxygen flame, where each particle is melted, forms a sphere by 
surface tension forces, and becomes solid during cooling. The microspheres are 
then screened to obtain microspheres of the desired size. An example of the uni¬ 
form and highly spherical microspheres made in this way is shown in Fig. 29.3. 
The final step is the irradiation of the glass microspheres with neutrons to form the 
desired quantity of radioisotope. YAS glasses are easily irradiated, forming Y-90, 
to a specific activity up to 5 mCi/mg of glass. After irradiation the microspheres 
are ready for packaging and shipment. It is important that high purity raw materi¬ 
als, free of neutron-activatable impurities, be used and that care is taken during the 
various manufacturing steps to avoid chemical contamination of the glass. 


29.3. COMPOSITIONS 

As evident from Fig. 29.2, glasses can be obtained from a wide range of 
Y, Sm, and Ho aluminosilicate compositions which melt below 1,600°C. Since a 
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Figure. 29.3. Appearance of “typical” glass microspheres, made according to the proce¬ 
dure described in Fig. 29.1. The white bar in the lower right hand comer is 100 pm. 


large range of beta-emitting RE radioisotopes can be incorporated into alumino¬ 
silicate glasses, it is possible to select one which is best suited to the particular 
type and size of the target organ. This compositional flexibility is an inherent 
advantage of radiotherapy glasses. 3-5 In cases where some amount of gamma 
radiation is desired, neutron-activatable gamma emitting radioisotopes, such as 
Na-24, K-42, or P-32, can also be incorporated into the aluminosilicate glass 
matrix. 

An aluminosilicate glass is well suited for radiotherapy use since: 
no unwanted radioisotopes are formed by the neutron activation of Al, Si, or O; 
these glasses have a high chemical durability, being essentially insoluble in the 
body; microspheres with a high specific activity can be easily obtained because 
of the large amount (40-70 wt%) of RE oxide which can be present in the glass; 
homogeneous melts can be prepared at reasonable temperatures (<1,600°C); and 
particles of the glass are easily spheriodized in a flame because of the viscosity 
characteristics of the glass. 


29.4. PROPERTIES 
29.4.1. Chemical Durability 

Glasses used for radiotherapy purposes need to be highly durable during the 
time they are radioactive, since the means of confining the radioisotope to the target 
organ is to keep it inside a chemically-insoluble microsphere. In vitro and clinical 
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tests on radioactive YAS glasses have demonstrated their superior chemical dura¬ 
bility. Patients injected with radioactive YAS glass microspheres since 1991 show 
no reports of any premature or unwanted release of radioactive Y-90 in the body. 

In vitro tests on a wide range of YAS glasses, containing 9-30 Y 2 0 3 ,11-35 
A1 2 0 3 , and 48-72 Si0 2 , mol%, have shown that these glasses have an excellent 
chemical durability in deionized water and in saline at 37°C; this durability varies 
only slightly with chemical composition. 3-5 An example of the small amount of 
yttrium released from a typical YAS glass is shown in Fig. 29.4. The only data of 
practical interest is that for the first three weeks, since the glass is no longer radio¬ 
active after that time. Slightly more yttrium is leached from YAS glasses at higher 
temperatures, 50°C, or in the HC1 solution (both of which are used for accelerated 
testing), but the amount present in deionized water at three weeks 
(<5 ppm/cm 2 of glass) is too small to be of concern clinically. 

A comparison of the small amount of yttrium released from a glass in 
either bulk form, as glass microspheres, or powder is shown in Table 29.1. The 
results for microspheres, which are relevant to the use of such glasses in the body, 
show that little yttrium is released from the microspheres or powder, even though 
the surface area of these samples is 300 times larger than that of the bulk sample. 
There is no significant difference in the amount of yttrium released from micro¬ 
spheres tested in either deionized water or saline at 37°C. 

The in vitro test data in Table 29.1 for the YAS microspheres have been used 
to calculate the amount of radioactive Y-90 that would be released in a patient 
injected with 300 mCi of Y-90. The solid data points in Fig. 29.5 show the 
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Figure 29.4. Cumulative concentration of Y dissolved from YAS-4 glass and present in 
100 ml of solution. Open circles and triangles are for DI water at 37 and 50°C, respec¬ 
tively, while closed circles and triangles are for 12M HC1 (pH = 2) at 37 and 50°C, 
respectively. 5 
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Table 29.1. Weight Percent Yttrium Released Per gm of 17Y 2 0 3 -19Al 2 0 3 -64Si0 2 , Mol% 
Glass 5 . 


Conditions 

% Y Related/gm of Glass 

3 weeks 4 weeks 

DI Water at 37°C 

CM* bulk glass 

0.02 

0.04 

CM microspheres (25 to 35 mm) 

0.06 

0.09 

CM powder (20 to 38 mm) 

0.20 

0.27 

SG* powder (20 to 38 mm) 

0.11 

0.20 

Saline at 37°C 

CM bulk glass 

0.03 

0.07** 

CM microspheres 

0.04 

0.11** 

SG powder 

0.81 

1.19 


*CM means conventionally melting glass while SG means a glass prepared by sol-gel techniques. 
“Measured at six weeks. 


calculated amount of radiation released to the body due to the very slight dissolution 
of the YAS glass beads. The calculation takes into account the decay of the Y-90 
(half-life of 64.1 hrs). The solid line labeled C in Fig. 29.5 was calculated assuming 
that all of the radioactive Y-90 dissolved from the microspheres was absorbed in the 
most susceptible tissue, bone marrow. Even in this worst-case scenario, the total 
dose to the bone marrow is estimated at less than 5 mrads, which is roughly equiva¬ 
lent to a chest X-ray or about the same dose a person living in Leadville, Colorado, 
receives in one year from cosmic radiation. The in vitro tests in deionized water and 
saline up to 50°C indicate that the YAS glass microspheres should have an extremely 
good chemical durability in the body. The lack of any detectable release of radioac¬ 
tive Y-90 from YAS glass microspheres that have been injected into humans, that is, 
no depression of bone marrow activity, substantiates the in vitro test results and 
demonstrates the suitability of these glasses for use in humans. 

Overall, the RE aluminosilicate glasses have excellent durability in deion¬ 
ized water and saline but their durability should be expected to vary somewhat 
with temperature, with the RE concentration, and the specific RE cation in the 
glass. 3-5 In general, the durability in deionized water or saline tends to decrease 
slightly with increasing concentration of the RE cation in the glass, as shown in 
Fig. 29.6, where slightly more yttrium is dissolved from YAS glasses of higher 






Radiotherapy Glasses 


437 



TIME AFTER INJECTION (wks) 


Figure 29.5. Calculated amount of Y-90 radiation released (nCi/g) from YAS-4 micro¬ 
spheres (25-35 pm immersed in (•) DI water (pH 6.9) at 37°C for up to four weeks or in 
(*) isotonic saline (pH 6.2) at 37°C for three weeks. Calculated from data (Table 28.1), 
assuming an initial injected dose of 300 mCi and taking into account the decay of the 
radioactive Y-90. Curve C represents cumulative absorbed dose (mrads) assuming that all 
radiation from released Y-90 is absorbed by bone marrow. 5 



Figure 29.6. Cumulative concentration (ppm) of Y released into 100 ml of DI water at 
37°C per surface area (cm 2 ) of bulk glass. The YAS-4, YAS-12, and YAS-9 glasses contain 
17.0, 30.0, and 27.4 mol% Y 2 0 3 , respectively. Experimental error ± 2.0 ppm. 5 


yttrium content, YAS-9 and -11 contain 27.4 and 30 mol% Y 2 O a , respectively, 
while the YAS-4 glass contains 17 mol% Y 2 0 3 . Samarium aluminosilicate (SmAS) 
glasses are also highly durable in deionized water at 37°C, with a dissolution rate 
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that ranges from about 30 x 10' 9 gm/cm 2 /min to 2 x 10“ 9 gm/cm 2 /min, which is 
quite similar to the dissolution rate for YAS glasses. Chemical durability of these 
glasses is considered acceptable for human use and there has been no reported 
release of Sm-153 from SmAS glass microspheres injected into the kidneys of 
rabbits. 

The excellent chemical durability of RE aluminosilicate glasses is attrib¬ 
uted to the absence of alkali and alkaline earth oxides in these glasses, which 
typically lower the chemical durability of silicate glasses, and to the presence of 
small highly-charged cations, which can form strong chemical bonds with oxy¬ 
gen. The RE aluminosilicate glasses have a strongly-bonded, three-dimensional 
network structure that is not easily attacked by aqueous solutions having a pH 
between 6 and 8. In vitro measurements of the chemical durability of Y, Sm, Ho, 
and a few Re aluminosilicate glasses indicate that most RE aluminosilicate 
glasses should have a chemical durability satisfactory for in vivo use. 


29.4.2. Density and Refractive Index 

Since the molecular weight of the rare earth oxides is much higher than 
that of A1 2 0 3 and Si0 2 , the density of the RE aluminosilicate glasses depends 
primarily on the concentration of the RE oxide. 5 As shown in Fig. 29.7, the den¬ 
sity of YAS glasses ranges from about 2.8 gm/cm 3 at 10 mol% Y 2 0 3 to about 



Figure 29.7. Density (solid line) and refractive index (dashed line) of YAS glasses. Lines 
are least squares fit to data points. 
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4.0 gm/cm 3 for glasses containing 30 mol% Y 2 0 3 . Comparable SmAS glasses 
have a higher density, ranging from about 3.4 to 4.6 gm/cm 3 , which is consistent 
with the higher molecular weight of Sm,O a . 

The density of the RE aluminosilicate glasses is obviously considerably 
higher than that of blood, but this has not caused any problems in the injection of 
these glasses into humans or test animals. During injection, precautions are nec¬ 
essary to insure that the microspheres do not settle out of solution, but simple 
agitation is adequate to keep the microspheres suspended. 

The refractive index of the glasses is not important to their use for radio¬ 
therapy purposes, but this is another property which depends primarily upon the 
concentration of the RE oxide. Fig. 29.7. The relative amounts of alumina and 
silica in these glasses is of lesser importance to properties such as refractive 
index, density, and thermal expansion coefficient. 

29.5. CLINICAL RESULTS: UP TO 1993 

Clinical results in this section are as reported in the first edition of this 

book. 

The tissue response to radiotherapy glasses varies according to the tissue 
being irradiated, and clinical data relating tissue response to radiotherapy glasses 
exists only for the liver and kidney. This chapter discusses effects only in the liver. 

The liver is referred to as a reverting postmitotic cell type. This means that 
the liver does not normally divide or renew itself, as does the skin or lining of the 
digestive tract, but has the capability to do so. If the capacity of the liver to func¬ 
tion is decreased by some type of injury (chemical, trauma, etc.), it will be stimu¬ 
lated to renew itself in order to maintain normal body function. 

Liver tumors, like other tumor types, undergo rapid mitotic division and are 
highly sensitive to ionizing radiation. All tissues that are rapidly dividing cell 
types are extremely sensitive to the effects of ionizing radiation. This is due to the 
large percentage of time that the cells’ genetic material is condensed in the 
nucleus. Ionizing events reaching the condensed genetic material in the nucleus of 
the cell will lead to cell death. Since the normal liver is not usually in a dividing 
state it is resistant to the effects of low to moderate levels of ionizing radiation. 

The “average” doses that have been delivered with radiotherapy glasses to 
liver tumors have ranged from 5,000 to 15,000 radsA 10 This would normally be 
considered a large human dose and it is difficult to predict the exact dose deliv¬ 
ered to just the tumor. As previously mentioned, the distribution of the glass 
microspheres in the liver is believed to depend on the blood flow. Many hepatic 
tumors are classified as hypervascularized, which means that the blood flow to 
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the tumors exceeds that to the normal surrounding tissue, and, consequently, 
a larger than normal fraction of microspheres will be transported and deposited 
in the tumor. This increases the radiation dose to the tumor while minimizing the 
exposure of the surrounding normal tissue. This localization of the radiation 
explains why patients treated with radioactive Y-90 glass microspheres can toler¬ 
ate much higher doses than those treated by whole liver radiation methods. 

One study used dogs as a model for hepatic arterial injection of both non- 
and radioactive YAS glass microspheres. Doses exceeding 30,000 rads were 
delivered to the livers of these dogs. Delivered doses of non- and radioactive 
microspheres (143-562 mg) were measured in units of mCi per gm of liver tis¬ 
sue and ranged from 1 to 12 times the anticipated human dose. The dogs were 
grouped by varying dose levels and a control group that received nonradioactive 
microspheres was used to determine the physical impact of the microspheres 
alone on liver function. 

Doses of nonradioactive microspheres delivered were up to six times that 
of the anticipated human dose. Minimal changes were detected, such as changes 
within the walls of the central veins, in the appearance of the hepatocytes, and in 
the tissue architecture. Hepatocellular function and damage were within normal 
limits. There were no signs of portal fibrosis or cirrhosis. 

Changes seen in the liver injected with radioactive YAS microspheres were 
similar to the findings of other irradiation studies in dog liver. These changes 
included histologic changes in the portal areas of the liver. Doses as high as 
35,000 rads were delivered, but did not cause total necrosis and were judged by 
clinical standards as compatible with survival. Doses up to 15,000 rads were well 
tolerated and showed little change in liver function. No microspheres were found 
in the bone marrow. Even in dogs receiving more than 15,000 rads, no bone mar¬ 
row suppression occurred. At doses above 25,000 rads, the consequences of 
hepatic cirrhosis would probably pose significant problems. 

In a preliminary study, a transient increase in body temperature has been 
noted, but this lasted only a few days. In some patients with a history of previous 
liver disease (chronic alcoholism), ulcerations of the lower stomach and upper 
small intestine have occurred. When treated, these conditions were self-limiting. In 
almost all patients receiving YAS radiotherapy glasses, liver enzymes were mildly 
elevated. This effect was not dose-related and lasted from a few days to weeks. 

Clinical applications of radiotherapy glasses have been on liver and kidney 
tumors. Most of this work has been with liver tumors, since patients with fiver 
cancer can enter the terminal phase within four to six months of diagnosis. This 
has sparked a major effort in investigating ways of delivering ionizing radiation 
in vivo to treat these malignant tumors. 
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Work is currently underway to discover whether very large doses delivered 
to the kidneys will reduce the shedding of malignant cells, which can spread the 
tumor, during surgical removal of a diseased kidney. 

In summary, any tissue that is relatively insensitive to low or moderate 
amounts of ionizing radiation in which these unique microspheres can be depos¬ 
ited, by either the blood flow or surgical implantation, is a potential candidate for 
this new form of radiotherapy. 

29.6. SUMMARY 

RE aluminosilicate glass microspheres have proved to be well suited for 
radiotherapeutic use in humans. These microspheres provide a new and unique 
method of irradiating diseased internal organs with beta radiation, in amounts 
which exceed those that can be delivered by other means. YAS glass microspheres 
have been safely used to irradiate, up to 15,000 rads, malignant tumors in the 
liver. Since the glass microspheres tend to distribute themselves in the liver in 
proportion to the blood flow, the actual dose to the tumors is believed to be much 
larger than the average dose to the entire liver, since the microspheres tend to 
concentrate in the tumors because of their vascularity. In one case, 80% of the 
YAS microspheres were estimated to lodge in the tumor vascular bed, giving an 
estimated dose of 32,000 rads. Samarium aluminosilicate glass microspheres 
have been used to irradiate, up to 15,000 rads, the kidneys in rabbits without any 
harmful side effects or detectable damage to adjacent tissue. 

A major advantage of the RE aluminosilicate glass microspheres is excel¬ 
lent chemical durability in the body. Since the glasses are insoluble in body flu¬ 
ids, the radioactive RE isotope is confined to the target organ and prevented from 
entering the circulation. The maximum time which these glass microspheres will 
remain in the body is currently unknown, but YAS microspheres have been in one 
patient for more than four years with no reported problems. 

29.6.1. Clinical Results: Up To 1993 10 

In one group of 39 adenocarcinoma patients treated with 5,000 to 11,000 
rads in a phase I—II study, the average survival time was 9.7 months from the 
date of treatment with the microspheres. This compares with a median survival 
time of 12 months from the time of diagnosis for patients treated with conven¬ 
tional chemotherapy. All of the patients treated with the YAS glass micro¬ 
spheres had undergone one chemotherapy treatment and diagnosis may have 
occurred several months prior to injection with the YAS microspheres. 
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Treatment with glass microspheres takes about one hour, followed by a few 
hours in the hospital for observation; treatment is as a “day-patient”. 
Chemotherapy requires several repeated treatments over several weeks. 
Increased liver enzymes are a common side effect following treatment with the 
glass microspheres, and transient fever, increased pain, and nausea and vomit¬ 
ing are less common side effects. 

Radiotherapy glass microspheres are being considered for treating other 
diseases and other types of cancer. Using radiotherapy glasses to kill cancer cells 
in diseased kidneys prior to surgical removal has already been mentioned. Ideally, 
it should be possible to use radiotherapy glass microspheres to irradiate any dis¬ 
eased organ with a capillary bed. The in situ irradiation of arthritic joints with 
beta emitting RE aluminosilicate glass microspheres is also under study. The 
stifle joints in rabbits have been injected with usable quantities of glass micro¬ 
spheres without any noticeable physical damage to the joint for periods up to one 
year. In rabbits the glass microspheres were found imbedded in a layer of the 
synovial tissue. In this application, the radioactive glass microspheres were used 
to perform a radiation synovectomy of the diseased joint. 


29.7 NEW DEVELOPMENTS: 1993-2012 

29.7.1 Clinical Results: Destroying Malignant Tumors 

The technological innovation described in this chapter is the development 
and application of radioactive YAS glass microspheres that are being used to treat 
patients with a generally inoperable and deadly form of primary liver cancer; 
what is called hepatocellular carcinoma (HCC). 11 The incidence of this deadly 
disease (HCC) is increasing worldwide and is considered the sixth most common 
cancer in the world (one million new cases annually) and ranks third as the cause 
of cancer-related deaths (500,000 deaths per year). In the US, the National Cancer 
Institute estimates that there were 19,160 new cases of HCC and 16,780 deaths 
in 2007. Life expectancy for patients diagnosed with HCC is measured in months. 
The five year survival rate for patients with HCC is less than 7%. 12 

Liver cancer, especially HCC, has been and still is a difficult disease to 
treat, but the availability of Y-90 glass microspheres has opened a new avenue for 
treating fiver cancer, what is called radioembolization. This refers to the com¬ 
bined effect of the radiation and the embolization of the capillaries in a malignant 
tumor(s). The Y-90 microspheres not only safely deliver a much larger dose of 
radiation to the tumor(s), but the roughly 2-8 million glass microspheres in a 
typical injection become lodged (embofize) in the capillaries, thereby reducing 
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Figure 29.8. Schematic view of the infusion of Y-90 glass microspheres into tumors in 
the liver. Bottom inset shows YAS microspheres along with a human hair and inset at top 
shows a liver with multiple tumors (light spots). 


the blood (nourishment) flow to the malignant tumor(s). These two synergistic 
effects help shrink and destroy the tumor(s). 11 

Typically, the procedure is done on an out-patient basis, with the patient 
receiving what amounts to an injection of several million radioactive Y-90 glass 
microspheres through a catheter inserted in the femoral/hepatic artery 
(Fig. 29.8). The microspheres are released into the blood stream as close as pos¬ 
sible to the tumor(s) in order to maximize the number of microspheres deposited 
in the malignant tumor(s). The microspheres are sized so that they are small 
enough to enter the capillaries of the tumor(s), but are too large to pass through 
the capillaries. Typically, only a small fraction, 2-10%, of the radioactive 
microspheres reaches healthy tissue. The chemical stability of the glass ensures 
safety. 13 
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After a brief period of observation, the patient is discharged if there are no 
complications. The inoperable HCC tumor(s) in the patient’s liver continue to be 
irradiated in situ by the localized Y-90 beta radiation as the patient returns to a 
normal routine. In about four weeks the microspheres are no longer radioactive. 

Initially, patients received only one injection of Y-90 glass microspheres, 
since the radiation dose was much larger than doses used previously. As confi¬ 
dence in the safety of in situ irradiation increased and the benefits became better 
known, patients received multiple injections when necessary. The in situ irradia¬ 
tion of HCC tumors with radioactive YAS glass microspheres is increasingly rec¬ 
ognized as having many advantages. 11 With Y-90 radioembolization, it is possible 
to irradiate multiple, small tumors at much higher doses, 5-50 times, compared to 
use of external beam. The localized beta radiation destroys tumors regardless of 
the tumor origin and the relatively low toxicity of the beta radiation toward healthy 
tissue permits repeated injections. Compared with chemotherapy and other radia¬ 
tion procedures, the side effects are small; a small fraction of patients report flu¬ 
like symptoms such as fatigue, a slight fever, or abdominal pain for a few days. 


29.7.2. Survival Data 

Of greatest interest is the survival data for patients treated with the Y-90 
glass microspheres. For patients with inoperable HCC, the stage of the disease at 
the time of treatment is especially important to survival. The survival data for a 
group of 229 patients with HCC who received no specific treatment provides a 
reference point. 14 The median survival time for this group was 51 days; 21 days for 
patients at an advanced stage and 249 days for patients with an early stage disease. 
For a group of 42 patients treated with Y-90 glass microspheres, the median sur¬ 
vival was 236 days (advanced stage) and 660 days (early stage). 15 In another group 
of 150 patients with inoperable HCC, the median survival time for the entire group 
was 800 days (2.2 yrs) after treatment with the Y-90 glass microspheres. 16 Finally, 
the 1, 2, and 5 year survival rates for a group of 20 patients, aged 42 to 82, with 
inoperable HCC and treated with Y-90 glass microspheres were reported to be 
100%, 75%, and 46%, respectively. 17 These survival rates are encouraging. 


29.8 CONCLUSIONS 

The radioembolization of HCC tumors with radioactive YAS glass micro¬ 
spheres is recognized as a safe and effective way of treating this deadly form of 
cancer. Glass technology and science have made an important contribution to the 
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success of this new procedure for treating patients with inoperable liver cancer. 
There are other opportunities where microspheres of YAS and other RE alumino¬ 
silicate glasses can be used as in situ radiation devices to destroy malignant 
tumors in other organs in the body. 18 
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Chapter 30 

DENTAL GLASS-CERAMICS 
AND Zr0 2 -CERAMICS 

Wolfram Holand, Marcel Schweiger and Volker M. Rheinberger 

30.1. INTRODUCTION 

Biomaterials used in restorative dentistry are important products for 
humans who want to regain the full range of their chewing functions or improve 
the aesthetic appearance (malposition) of their teeth. Therefore, dental biomateri¬ 
als are products which considerably enhance the quality of human life. Typical 
products are dental inlays, onlays, crowns, veneers bridges, posts or abutments 
for implant therapy. This category of materials must fulfill a combination of prop¬ 
erties. They must be able to match or even surpass the optical (translucency, 
opalescence, fluorescence), chemical and mechanical properties of natural teeth. 
For example, chemical durability is essential to prevent the occurrence of caries. 
With regard to mechanical properties, abrasive wear behavior must be similar to 
that of natural teeth, whereas flexural strength and toughness have to be consider¬ 
ably higher than natural teeth to allow construction of functionally-adequate 
dental bridges, posts or abutments in high load-bearing regions. A historical 
review of the development of biomaterials for restorative dentistry shows that 
ceramics were used to produce dental restorations as early as the beginning of the 
19th century. But aesthetic veneering of metal frameworks (crowns, bridges) only 
became possible after leucite-based (KAlSi 2 O e ) porcelain-fused-to-metal (PFM) 
materials had been developed. 1 Significant advances in the development of mate¬ 
rials that match, or even outperform, the optical, mechanical and chemical prop¬ 
erties of natural teeth were accomplished with the introduction of glass-ceramics. 
For the first time, materials capable of meeting the challenges of metal-free tooth 
replacements became available. 


30.2. MICA-TYPE GLASS-CERAMICS 

DICOR® (Corning Inc./Dentsply Int., USA) was the first glass-ceramic 
developed for restorative tooth replacements (Table. 30.1). 2 Mica crystals of the 
type of tetrasilicic mica, KMg 2 5 Si 4 O 10 F 2 , were precipitated by means of con¬ 
trolled crystallization in the Si0 2 -Mg0-K,0-F system. See Chapter 16 for 
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details of these glass-ceramics. The first clinical tests with inlays and crowns 
were performed as early as 1979. This glass-ceramic featured translucent prop¬ 
erties and was capable of reproducing the optical characteristics of natural 
teeth. Flexural strength was approximately 150 MPa. The base glass was pro¬ 
cessed by means of molding technology. Additional heat treatment was 
required to convert the base glass into the glass-ceramic. In addition to applica¬ 
tions that involved the use of molding technology, machinable types of mica 
glass-ceramics, such as DICOR® MGC, became available to manufacture den¬ 
tal devices. This was an important development, pointing towards promising 
new technologies. 


30.3. LEUCITE-TYPE GLASS-CERAMICS 

At the end of the 1980s, special molding technology which eliminated the 
need for additional heat treatments became available, allowing the fabrication of 
inlays and crowns from leucite, KAlSi 2 0 6 , glass-ceramics. 3 The principles of 
controlled surface nucleation and surface crystallization in base glasses of the 
Si0 2 -Al 2 0 3 -K 2 0-Na 2 0 system were applied in these glass-ceramics. 4 The 
resulting product is IPS Empress® (Ivoclar Vivadent AG, Liechtenstein; Tables 
30.1 and 30.2). With this material, the lost-wax technique and subsequent vis¬ 
cous flow molding processes enable the fabrication of highly individualized 
inlays and crowns, offering a high degree of accuracy of fit. The molding pro¬ 
cesses are performed in specially-designed ceramic press furnaces of Ivoclar 
Vivadent AG, using a temperature range of 1,000-1,200°C. The IPS Empress® 
glass-ceramic exhibits a coefficient of thermal expansion, CTE, of 15-10 -6 K 1 
m/m to 18.2510 -6 Kr'm/m. It offers a flexural strength of approximately 160 
MPa, which can be increased by glazing and additional heat treatment. Wear 
behavior in relation to natural dentition deserves particular mention. Since this 
glass-ceramic is characterized by similar abrasive properties as natural teeth, the 
opposing tooth structure of the human dentition is not damaged during 
mastication. 

In 2005, IPS Empress® Esthetics, an even more translucent version of the 
above leucite glass-ceramic, was developed. The improved optical qualities allow 
fabrication of dental replacements that are even more similar to natural teeth. 
Typical applications are dental inlays, veneers and crowns (Fig. 30.1). Inlays and 
crowns can be accomplished in a single appointment by machining the material 
with diamond tools in a CEREC unit (Sirona, Germany). Patients do not need to 
see their dentist twice to have their restoration completed. 
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30.4. LITHIUM DISILICATE GLASS-CERAMICS 

Lithium disilicate (Li 2 Si 2 0 5 ) glass-ceramics expand the range of indica¬ 
tions of glass-ceramic biomaterials to include dental bridges. Wide-ranging 
developments have been undertaken in conjunction with this material system. 5-7 
To develop the new material, the main crystal phase was produced in the special 
base glass of the Si0 2 -Li 2 0-K 2 0-Zn0-P 2 0 5 -Al 2 0 3 -La 2 0 3 system by means of 
heterogeneous nucleation and crystallization. In the process, an interlocking 
microstructure with a crystal content of more than 60% vol. was achieved. 4 The 
resulting product was called IPS Empress®2 (Ivoclar Vivadent AG; Table 30.1). 


Table 30.1. Timeline for Development of Glass-Ceramics for Dental Restoration. 

1979 DICOR® glass-ceramic: first clinical tests as moldable glass-ceramic for 
dental restoration 

1991 IPS Empress®: moldable leucite based glass-ceramic for inlays, crowns, 
veneers 

1997 IPS Empress® Cosmo Post: Zr0 2 -containing glass-ceramic for fixation of Zr0 2 posts 

1998 IPS ProCAD®: machinable leucite-based glass-ceramic for inlays, crowns, 
veneers 

1999 IPS d.SIGN®: leucite-apatite glass-ceramic to veneer metal frameworks, 
especially dental crowns and long-span bridges 

2000 IPS Empress®2/IPS Eris for E2: lithium disilicate glass-ceramic veneered with 
fluoroapatite glass-ceramic to fabricate dental crowns and small three-unit den¬ 
tal anterior bridges 

2004 IPS Empress® Esthetic: leucite based glass-ceramic with high optical properties 
close to the natural tooth 

2005 IPS e.max® Press MO: lithium disilicate as moldable glass-ceramic for 
veneered crowns and three-unit dental bridges 

2005 IPS e.max® Ceram and Zir Press: Fluoroapatite glass-ceramic to veneer high 
toughness sintered Zr0 2 frameworks (especially crowns and posterior bridges) 

2005 IPS e.max® CAD MO: machinable lithium disilicate glass-ceramic, especially 
for veneered dental crowns 

2005 IPS e.max® ZirCAD: machinable yttria-stabilized zirconia 

2007 IPS e.max® Press LT and CAD LT: medium translucent lithium disilicate 
glass-ceramic 

2009 IPS e.max® Press HT and IPS e.max CAD HT: high translucent (HT) lithium dis¬ 
ilicate glass-ceramic as moldable (Press) and machinable (CAD) glass-ceramic 
for dental application 

2011 IPS e.max® CAD-On: lithium disilicate glass-ceramic fused to a Zr0 2 -framework, 
especially for posterior dental bridges 
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Table 30.2. Clinical Application of Special Types of Glass-Ceramics as Biomaterials for 
Dental Restoration. 


Glass-Ceramic Product 

Number of Units 
(One unit represents one crown 
or inlay etc.) 

IPS Empress® System (1991-2010) 

43 million 

IPS Empress®CAD (and ProCAD®) 

7 million 

(1998-2010) 


IPS e.max® System (2005-2010) 

36 million 

IPS d.SIGN® (1999-2010) 

89.5 million 



Figure 30.1. Bioceramics for dental restoration (Ivoclar Vivadent AG), (a) Left: dental 
bridge (framework of lithium disilicate glass-ceramic veneered with fluoroapatite glass- 
ceramic) on a mirror, (b) Right: dental bridge (framework of Zr0 2 ceramic fused to a 
lithium disilicate glass-ceramic) on a mirror, (c) Middle: dental inlay, crown and veneer of 
leucite glass-ceramic. 
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A significant improvement over IPS Empress®2 was achieved in the 
Si0 2 -Li 2 0-K 2 0-Al 2 0 3 -Zr0 2 system and resulted in the development of the 
product IPS e.max® (Ivoclar Vivadent AG; Tables 30.1 and 30.2). 8 This glass- 
ceramic showed a high fracture toughness, Kj C value of 2.3 MPa - m 05 , and high 
flexural strength (440 MPa) and translucency. The product group of IPS e.max® 
encompasses several types of material. The biomaterial IPS e.max® Press presents 
a moldable glass-ceramic and the biomaterial IPS e.max® CAD a machinable 
glass-ceramic. The IPS e.max® Press ceramics are distinguished by the fact that 
these materials are processed into inlays, crowns and bridges by the application 
of molding technology at a temperature of 920°C. The glass-ceramic can be 
veneered with fluoroapatite glass-ceramic (Fig. 30.1). 

An intermediate product, which is easy to machine, has been developed. 
This lithium metasilicate glass-ceramic demonstrates a singular blue color. After 
the blue glass-ceramic has been machined and tried in the mouth of the patient, 
it undergoes heat treatment at 840°C. During thermal treatment, it is transformed 
into a lithium disilicate glass-ceramic with aesthetics of natural teeth. 


30.5. FLUOROAPATITE GLASS-CERAMICS 

The needle-like fluoroapatite crystals, Ca 5 (P0 4 ) 3 F, contained in glass- 
ceramics (IPS e.max® Ceram, IPS e.max® ZirPress, Ivoclar Vivadent AG) may 
produce a favorable light-scattering effect, such that the resulting translucency 
corresponds to that of natural teeth. 8 - 9 The objective was to develop a veneering 
ceramic that offered tooth-like optical properties. This, however, does not mean 
that the material should be bioactive. The tooth-like translucency and the CTE of 
9.5 10 -6 K _1 m/m enabled the resulting glass-ceramic to be used on lithium disili¬ 
cate glass-ceramics as well as on high-toughness 3Y 2 0 3 -Zr0 2 sintering ceramics. 
Sintered ceramic devices are achieved by machining open-pore materials and 
subsequently sintering them to a high density. The high toughness of approxi¬ 
mately 4.5 MPa - m 05 allows the fabrication of metal-free long-span bridges. 


30.6. Zr0 2 -CONTAINING GLASS-CERAMICS 

With the objective to achieve high levels of toughness and a CTE that is 
adjusted to that of ZrO, sintered ceramics, a Zr0 2 -containing glass-ceramic (IPS 
Empress® Cosmo Post, Ivoclar Vivadent AG) was developed (Table 30.1). 
Controlled crystallization was used to produce Li 2 ZrSi 6 0 15 as the main crystal 
phase. 10 
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This glass-ceramic offers the advantage over other products that it can be 
pressed onto Zr0 2 posts by means of a molding process. The resulting dental 
posts are suitable for the build-up of devitalized teeth and offer metal-free, highly 
aesthetic solutions for patients. 


30.7. LEUCITE-APATITE GLASS-CERAMICS 

Glass-ceramics were also developed to veneer dental metals frameworks, 
e.g. long-span bridges. A preferred material is a leucite-apatite glass-ceramic 
(IPS d.SIGN®, Ivoclar Vivadent AG) from the Si0 2 -Al 2 0 3 -K 2 0-Na 2 0-Ca0- 
P 2 0.-F system (Tables 30.1 and 30.2). The leucite content enables this glass- 
ceramic to attain the required coefficient of thermal expansion of approximately 
12 10- 6 Kr'm/m. The fluoroapatite needles provide the product with the 
required translucent qualities. The nucleation and crystallization mechanisms in 
the base glasses of this material are conducted by means of a two-fold reaction. 
Leucite is formed by surface crystallization, while apatite is precipitated 
according to the mechanisms of internal processes. 9 This glass-ceramic can he 
applied in two different techniques: sintering or molding on dental 
frameworks. 8 ' 11 


30.8. Zr0 2 CERAMICS 

Sintered ceramics of A1 2 0 3 and Zr0 2 -type are widely used in dentistry. 8 
The preferred processing technology is machining by milling. The ZrO, ceramic 
of the type IPS e.max® Zir CAD (Ivoclar Vivadent AG) is characterized by a K IC 
value of 4.5 MPa ■ m° 5 . Based on this very high toughness, the biomaterial is used 
to produce dental copings, frameworks of dental bridges and dental abutments. 
The product of a dental framework can be veneered with the fluoroapatite glass- 
ceramic IPS e.max® Ceram or ZirPress. 

A technology was developed to fuse two machined products, a lithium 
disilicate (IPS e.max® CAD HT) and a zirconia framework to produce a dental 
bridge. The final product is IPS e.max® CAD-On (Table 30.1, Fig. 30.1). This is 
the strongest veneering material with excellent aesthetics for posterior bridges. 


30.9. CONCLUSION 

Considering all the products presented together, glass-ceramic and sin¬ 
tered bioceramics cover the entire range of indications for anterior and posterior 
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restorative tooth repair and, therefore, fully fulfill the dental restoration require¬ 
ments of patients. 
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Chapter 31 

BIOACTIVE GLASS FOR TOOTH 
REMINERALIZATION AND PAIN 
DESENTIZATION 

David C. Greenspan and Larry L. Hench 

31.1. INTRODUCTION 

Tooth pain is often due to a clinical condition called dentin hypersensitiv¬ 
ity and is a common occurrence in the general adult population. The incidence 
has been reported to be anywhere from 4% to as high as 57% of adults. 1,2 In peri¬ 
odontal patients, the rate of dentin hypersensitivity can be as high as 98%. 3 The 
condition has been characterized by a short sharp pain arising from exposed 
dentin in response to stimuli; typically thermal, evaporative, chemical or tactile. 4-6 
This chapter reviews the development of a novel class of biomaterials that are 
highly effective in the treatment and prevention of dentin hypersensitivity. The 
material is 45S5 Bioglass®, see Chapter 3, processed to be a powder that is com¬ 
posed of small particles that are several micrometers in diameter. The commercial 
product is trademarked NovaMin®. The technical description of this material in 
the dental literature for use in treatment of dentin hypersensitivity is an inorganic, 
amorphous, calcium, sodium phosphosilicate (CSPS) material. This chapter also 
describes the mode of action of CSPS particles that results in the superior perfor¬ 
mance in the reduction of tooth sensitivity by physically occluding dentin tubules. 


31.2. NOVAMIN® AND SENSITIVITY: MODE OF ACTION 

The currently accepted theory for tooth hypersensitivity is the hydrody¬ 
namic theory proposed by Brannstrom, 7 based upon the concept that open dentinal 
tubules allow fluid flow through the tubules, which results in pressure changes 
that excite the nerve endings in the dental pulp. Clinical replicas of sensitive teeth 
viewed under a scanning electron microscope (SEM) reveal varying numbers of 
open or partially occluded dentinal tubules. 8 In patients with dentin hypersensitiv¬ 
ity, there are a greater number of tubules per area and the diameter of the tubules 
is greater than in patients with no sensitivity. 9 In general, tubules are not exposed 
at the tooth root surface because of the cementum covering the tooth root, or 
because of a natural smear layer of dentinal debris and organic matter that covers 
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the tooth surface and masks the tubules. When the smear layer is present, the fluid 
flow that can occur through the dentin is only a few percent of that possible fol¬ 
lowing acid removal of the smear layer, which “opens” the tubules. 

The first approach to the treatment of dentinal hypersensitivity is to treat 
the tooth with a chemical agent, such as potassium nitrate or potassium chloride, 
which penetrates into the dentinal tubules and depolarizes the nerve synapses, 
reducing sensitivity by preventing the conduction of pain impulses. 10 While these 
materials have consistently shown clinical efficacy in the treatment of sensitivity, 
it may take weeks for the patient to perceive a reduction in pain and sensitivity. 
The second approach is to treat the tooth with a chemical or physical agent to 
physically occlude dentinal tubules, which reduces sensitivity by prevention of 
pulpal fluid flow (e.g., potassium oxalate, ferric oxalate, strontium chloride). 11 
Although both approaches are effective at reducing or eliminating hypersensitiv¬ 
ity, the duration of relief is highly variable. Hypersensitivity usually reappears 
due to toothbrush abrasion, the presence of acid challenges in the mouth, and/or 
degradation of the coating material. 12 

The use of CSPS in periodontal surgery (45S5 Bioglass® used commer¬ 
cially as PerioGlas®, see Chapter 9), 13 where tooth sensitivity is routinely found, 
coupled with the need for improved materials to treat tooth sensitivity, led to the 
initial investigations of this material for treating tooth sensitivity. CSPS surfaces 
form a strong attraction with collagen. 14-16 Because dentin consists of more than 
50% collagen, it was believed that the CSPS particles would bind to the exposed 
dentin surface as well as physically fill the open tubules. It was further hypothe¬ 
sized that the subsequent ionic release and surface reaction would help to form a 
protective hydroxycarbonate apatite (HCA) layer that would impart rapid and 
continual relief from tooth sensitivity. The earliest studies conducted demon¬ 
strated that the material would in fact rapidly occlude dentin tubules and form a 
protective layer on the dentin surface. 17 To understand the details of the mecha¬ 
nisms of this action, it is necessary to review the combination of ionic reactions 
that occur in an aqueous environment as well as other factors such as pH changes 
and the surface changes in the particles themselves. All have a critical role in 
producing the protective effect of this material. 

31.3. ROLE OF pH AND IONIC RELEASE 

When particles of the CSPS material are exposed to an aqueous environ¬ 
ment, such as water or saliva, there is an immediate release of sodium ions, as 
described in Chapter 3. The release of Na from the particle surfaces locally 
increases the pH which can cause a more rapid precipitation of the ions to form 
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the HCA layer. The immediate release of Na from the CSPS particles is necessary 
but not sufficient for the formation of the calcium phosphate layer. However, the 
rapid release of sodium allows for the release of calcium and phosphate ions from 
the particles within minutes of exposure to the aqueous environment by produc¬ 
ing a porous surface layer. An amorphous calcium phosphate layer was found to 
form on the particle surfaces within an hour of exposure to a simple organic 
buffer, as discussed in Chapter 3. It is important to realize that this unique attrib¬ 
ute of the composition of calcium sodium phosphosilicate sets it apart from all 
other materials that have been shown to act as physical occluding materials. The 
slow network dissolution of the particles is critical because the particles act as 
reservoirs to continuously release calcium ions and phosphate ions into the local 
environment, over many days in some cases. 

In addition to the release of these ions, the role of soluble silica in the 
formation of calcium phosphate mineral is important. It is an attribute of the 
NovaMin® particles that they release silica into the localized oral environment at 
a concentration of 15-40 ppm. This is one of the critical factors in the early stages 
of the precipitation of an amorphous calcium phosphate phase. In order to be 
effective at occluding tubules, the particles must not only release the proper level 
of ions over time, but they must be able to remain on the dentin surface over a 
long period of time. There is a strong adherent interaction between the reacted 
surface of the particles and collagen, and this interaction is strongest for the 45 S5 
composition used in NovaMin®. Development of the negative surface charge at 
the particle surface due to the initial reactivity allows for binding to the side 
groups on Type I collagen fibers. Because exposed dentin has a high content of 
exposed collagen, this is likely to be the mechanism that allows the CSPS parti¬ 
cles to attach to and remain on the dentin surface. Once deposited onto the dentin, 
the particles will continue to provide long-term release of calcium and phosphate 
into the local environment, leading to long-term protection of the dentinal tubules. 

31.4. EVIDENCE OF EFFICACY FOR CSPS 

Standard in vitro models are used to demonstrate the mode of action of 
various desensitizing agents. 18 The dentin block model has a number of varia¬ 
tions to test the ability of materials to occlude tubules and to remain on the 
dentin surface through various challenges that would normally be found in the 
oral environment. There has been extensive testing of CSPS using a number of 
these models and they have repeatedly demonstrated the rapid occlusion of 
tubules and the persistence of the particles on the dentin surface. 18 A single 
application of the proper concentration (above 3%) of CSPS either in a 
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daily-use dentifrice or a professionally-applied prophylaxis paste is effective at 
blocking at least 75% of open tubules. In many cases, the single application is 
sufficient to block over 95% of tubules. Furthermore, a single application of 
CSPS in these models will resist repeated acid challenges. When tested in a 
model where the material is repeatedly applied and alternately subjected to 
twice daily acid challenges, the results demonstrate continual blockage of the 
dentin tubules. Additional testing has shown that the CSPS continues to release 
calcium ions over a long period of time, compared with other calcium-contain¬ 
ing products that release a burst of calcium but then provide little in the way of 
calcium ions to protect the exposed dentin. 

SEM is one of the analytical methods used to evaluate the ingredients used 
for tubule occlusion in treating tooth sensitivity. Figure 31. la is an SEM image that 
shows a typical prepared dentin block used in the types of in vitro studies described 
above. The piece of dentin has been ground and polished, and then acid etched to 
remove the smear layer and to open the dentin tubules. Figure 31.1b shows a dentin 
block that has been treated one time with the CSPS material and subjected to a 
subsequent acid challenge. After the acid challenge the sample was gently rinsed 
and dried for SEM analysis. Note that the majority of tubules are completely 
closed and the remainder are at least partially closed. Particles are retained on the 
surface of the dentin block even after rinsing. This evidence substantiates and helps 
to explain the long-lasting effect of even a single use of the CSPS particles. 

While in vitro studies are extremely useful in helping to differentiate, rank, 
and evaluate various materials for their effectiveness in treating tooth sensitivity, 



Figure 31.1. SEM images from in vitro dentinal occlusion study showing prepared and 
treated dentin, (a) prepared dentin slab showing open tubules, (b) dentin after a single 
appbcation of 45S% Bioglass® CSPS for two minutes and 30 second water rinse. 
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the clinical trial is the ultimate test for these materials. There have been a number 
of clinical studies performed with this material. One study compared the efficacy 
of a strontium chloride ingredient and a placebo to a daily-use CSPS dentifrice in 
reducing tooth sensitivity in a six week prospective study. The results showed 
that, compared to placebo, both ingredients reduced sensitivity, but the CSPS 
material showed statistically greater reductions in sensitivity at the six week end 
point compared with the other materials. 19 More recently, a review of a number 
of clinical studies has substantiated these early findings. 20 


31.5. COMMERCIALIZATION OF CSPS FOR TREATING 
TOOTH SENSITIVITY 

During the past 10 years, a number of consumer and professional products 
containing CSPS have been introduced into the market. The first product devel¬ 
oped by NovaMin® Technologies was Oravive®, a daily-use, fluoride-free denti¬ 
frice that contains 5% of the CSPS ingredient NovaMin®. This product was 
cleared for use by FDA through a 510(k) product as a medical device for the rapid 
and continual reduction of tooth sensitivity through physical tubule occlusion. 
Other products that have been introduced are listed in Table 31.1, along with a 
description of the product. Today, CSPS has been formulated into over 15 prod¬ 
ucts and is sold in over 20 countries, including the U.S., Canada, India, China, 
and a number of countries in Europe. These products have proven to be highly 
effective and the CSPS material has an unparalleled safety profile. Sensodyne 


Table 31.1. A List of Some of the Current CSPS Products Available. 


Product 

Description 

SootheRx (U.S.) 

7.5% CSPS, Daily u 

se, professionally supplied 

X-Pur (Canada) 

5.0% CSPS, Daily u 

se, professionally supplied 

Nanosensitive (Germany) 

7.5% CSPS 


Sensishield (U.K.) 

5.0% CSPS 


Nutri-email (France) 

7.5% CSPS 


Vantaj 

5.0% CSPS 


SHY-NM 

5.0% CSPS 


Odontis Sensiblock (Brazil) 

7.5% CSPS 
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Repair and Protect, manufactured by GlaxoSmith Kline (GSK), is an over the 
counter dentifrice that provides NovaMin® technology to the consumer in many 
parts of the world. 


31.6. CONCLUSION 

Development of new applications and refinements in the manufacture and 
use of CSPS continues in the area of oral health care. Over the past 10 years, 
studies have shown that the surface activity and ionic release from specific com¬ 
positions of CSPS materials have produced the most effective treatment for tooth 
sensitivity to date. The interactions of the material with native collagen along 
with the reactivity of the particles insures that the material will immediately 
occlude patients’ dentin tubules and will remain at the dentin surface, allowing 
this ionic release to build a thin mineral layer that will continue to occlude the 
tubules and will resist challenges of acidic environments. 

The science behind the development of this class of materials has led to 
investigations of CSPS for oral health care applications beyond the treatment of 
tooth sensitivity. The potential of these materials for remineralization of both 
enamel and dentin has been studied in vitro and in situ and holds promise. 21 ' 22 The 
unique ionic reactions and potential antimicrobial 23,24 and anti-inflammatory 25 
properties might prove useful in treating or even preventing gingivitis. 26 
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Chapter 32 

POROUS BIOACTIVE CERAMIC 
AND GLASS SCAFFOLDS FOR BONE 
REGENERATION 

Julian R. Jones 


32.1. INTRODUCTION 

Regenerative medicine is the future for bone repair, but in some ways it is 
already the present. Bone can heal itself if the defect is small, but otherwise it 
needs assistance. Today, annually, orthopaedic and neurological surgeons per¬ 
form half a million bone graft operations in the USA and 300,000 operations in 
Europe. In the majority of those procedures they are treating bone defects caused 
by trauma, tumour removal or non-union of fractures using temporary templates 
that stimulate the body’s own natural regenerative processes. However, the scaf¬ 
fold is the patient’s own bone, taken from the pelvis; i.e., an autograft. Actually, 
it is a ready-made tissue-engineered living construct of a porous scaffold (the 
composite of hydroxycarbonate apatite (HCA) and collagen) containing osteo- 
progenitor cells and other adult stem cells. 

Unfortunately, there are many drawbacks to using the patient’s bone, 
some of which are obvious, some a little less so. The most important is that there 
is only so much bone you can take from places that do not really need it. The 
body is not wasteful in bone production. In most places in the body it is needed 
for bearing loads such as body weight. If bones are not loaded, the body tends 
to take the bone away through remodelling by osteoclast action. The pelvis is the 
most common site that can be a bone donor. This requires surgeons to carry out 
two operations to heal one defect; in fact surgeons usually work in pairs, with 
one operating on the pelvis and one working on the original defect. This doubles 
the resources needed for the operation and of course the cost. More importantly, 
removing bone from the pelvis creates another defect that needs to be healed 
(without the help of more bone). The healing of this defect is extremely painful 
and lengthy. Patients generally feel more pain at the donor site than at the origi¬ 
nal defect and one in four patients will experience complications at the defect 
site, even 12 months after the operation. Some will require further surgical 
intervention, which is not ideal for the patient, the healthcare service or the 
economy. 
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Artificial bone graft materials are needed to regenerate bone defects with¬ 
out the need for graft operations so that patients can heal in a pain-free manner 
and return to their normal lives more quickly, including that those still of a work¬ 
ing age can return to work more rapidly. Bone can also be sourced from bone 
banks, but the bone in these banks is from cadavers and has to be irradiated to 
remove biologicals that would otherwise transmit disease or trigger immuno- 
rejection by the patient, and unfortunately the irradiation reduces the mechanical 
properties of the bone. An artificial bone graft that can replace the need for grafts 
would have a massive impact on the global economy. The device market itself is 
thought to be worth $2 billion, without taking into account the economic impact 
of reduced operating costs and faster recovery times. However, there are differ¬ 
ences in the engineering design criteria for an artificial bone graft and a scaffold 
for bone regeneration. This is because many artificial bone grafts are designed to 
augment the bone and stay there for a long time rather than regenerate the bone 
to its original state and function. Depending on the design and the claims a com¬ 
pany can make when marketing the materials, there are also differences in the 
regulatory procedures that have to be undertaken. 


32.2. AN IDEAL SCAFFOLD 

An ideal scaffold to regenerate a bone defect and leave no trace of an 
implant must possess the following characteristics: 1 

1. Be biocompatible and bioactive, promoting osteogenic cell attachment, bone 
formation and bond to the bone without scar tissue sealing it off from the 
body. 

2. Act as a template for bone growth and therefore have an interconnected 
porous structure that can allow bone in-growth and vascularisation. 

3. Resorb safely in the body and have a controllable degradation rate. 

4. Exhibit mechanical properties similar to that of the host bone. 

5. Have a fabrication process which allows the scaffold to be shaped to fit a 
range of defect geometries and be up-scalable for mass-production. 

6. Be sterilisable and meet the regulatory requirements for clinical use. 

Current products are far from this ideality. Bone defect fillers need not be 
scaffolds; particles and granules are often preferred by orthopaedic surgeons for 
their ease of handling. If the material is designed to augment bone for long periods 
it should not degrade but can be remodelled by osteoclasts, which will take many 
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months or perhaps even years. Currently there are no tissue engineering constructs 
available as commercial products, largely due to the amount of time and invest¬ 
ment needed to take the products to market. Surgeons are very aware of the poten¬ 
tial benefits of tissue engineering strategies, such as the fact that osteoprogenitor 
cells cultured on a template would enhance bone production rate, so they do what 
they can by aspirating blood and bone marrow from within the bone defect and its 
surroundings. They then mix the blood and marrow with synthetic bone graft 
particles or granules to form a putty-like mixture that can be press-fitted into bone 
defects. The aim is that the putty can be easily handled and the blood and bone 
marrow may contain osteoprogenitor cells that will activate when reimplanted. 


32.3. COMMERCIALLY AVAILABLE SYNTHETIC 
BONE GRAFTS 

There are numerous synthetic bone graft materials available as commer¬ 
cial products, but none that fulfil all the criteria listed above. Bioceramics are 
usually chosen because they can be bioactive but they are brittle materials. Some 
porous metallic constructs are available (e.g., titanium alloys), but they are not 
bioactive or degradable. Polymers can be tough but they have poor compressive 
strength and polymers are not bioactive unless expensive biological growth 
factors are incorporated; thus, there are no polymeric synthetic bone grafts. 
Composites would provide a combination of bioactivity and compressive strength 
from bioceramics and toughness from biodegradable polymers; however, it is dif¬ 
ficult to synthesise composites in such a way that the bioceramics are not masked 
by the polymer. Consequently, most commercial bone graft substitutes are bioac¬ 
tive ceramics. 


32.3.1. Commercial Bioactive Glasses 

Chapter 3 shows that 45S5 Bioglass® has considerable use in bone regen¬ 
eration because it is arguably the most bioactive material, 2 bonding to bone rap¬ 
idly and stimulating bone growth by its dissolution products. However, there are 
relatively few clinical products based on this material. What are the reasons? 
Some are related to business and marketing, others due to scientific reasons. 
Considering the scientific reasons, all the processing techniques for making 
porous scaffolds from particles involve sintering. Sintering is the fusion of parti¬ 
cles at high temperature. (See Chapter 1 for more details.) Raising the tempera¬ 
ture above the glass transition temperature (T ) causes local flow of the glass and 
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allows particles to fuse. However, to maintain the amorphous glass structure and 
properties, the temperature must not be heated above the crystallisation tempera¬ 
ture (T conset ). Unfortunately for the original Bioglass® composition (46.1% Si0 2 , 
24.4% Na 2 0, 26.9% CaO and 2.6% P 2 O s , in mol %), the low silica content causes 
T and T conset to be too close together, so it is not possible to sinter the glass with¬ 
out crystallising, which leads to formation of a glass-ceramic and reduction in 
bioactivity. 

Therefore, Bioglass® particles are only available commercially as 
PerioGlas® and NovaBone®, from NovaBone Products LLC (Alachua, FL). 
PerioGlas® are particles used for filling bone defects in the jaw following perio¬ 
dontal disease, and NovaBone® is an orthopaedic bone defect filler. The particle 
size range is 90-710 pm. Biogran®, also made of Bioglass® granules, was mar¬ 
keted by Orthovita Corp. Finer (<15 pm) particles are marketed under the name 
NovaMin® (GlaxoSmithKline, UK) for use in toothpaste to promote mineralisa¬ 
tion of microtubules in enamel, with the aim of reducing tooth sensitivity. 

Other slight variations on the Bioglass® composition have been released as 
commercial products, such as BonAlive® (Si0 2 53 wt%, Na 2 0 23%, CaO 20%, 
P 2 0 5 4%) by Vivoxid® (Finland) and StronBone® (44.47 mol% Si0 2 , 27.26% 
Na 2 0, 21.47% CaO, 2.39% SrO, 4.42% P 2 O s ) by RepRegen (UK), which has 
recently received its CE mark, allowing it to be sold as a bone defect filler in 
Europe. The potential advantage of StronBone® is the inclusion of small amounts 
of strontium, which is thought to help fight osteoporosis. 

32.3.2. Porous Commercial Synthetic Hydroxyapatites 

As bone mineral is a hydroxyapatite (HA), an obvious choice of material for 
a synthetic bone graft is a synthetically produced apatite. Many synthetic bone grafts 
are made from synthetic hydroxyapatite (sHA), chemical formula Ca 10 (PO 4 ) 6 OH 2 . 
However, bone mineral is a carbonated hydroxyapatite (CHA), approximated by 
(Ca,X) 10 (PO 4 ,HPO 4 ,CO 3 ) 6 (OH,Y) 2 , where X is a cation, either a magnesium, sodium 
or strontium ion that can substitute for the calcium ions, and Y is an anion (a chloride 
or fluoride ion) that can substitute for the hydroxyl group. 3 

Conventional sHA is produced by creating an HA powder by solution 
chemistry, which is sintered. It is a crystalline ceramic and stoichiometric HA 
(Ca/P ratio of 1.67) is commonly produced by precipitation by reacting calcium 
hydroxide with orthophosphoric acid solution (at pH >9) at temperatures of 
between 25 and 90°C. 4 sHA was first used clinically in 1978, when dense sintered 
HA cylinders were used as immediate dental root implants after tooth extraction. 5 
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Several methods have been used to produce porous sHA. The simplest way 
to generate porous scaffolds from ceramics such as HA is to sinter spherical par¬ 
ticles. Porosity is often increased by adding sacrificial porogens, which are often 
particles that will be removed after compaction or during sintering. The sacrificial 
particles can either be soluble, e.g., salt or sucrose, 6 or combustible, e.g., PMMA 
microbeads. However, these methods give rise to a heterogeneous pore distribu¬ 
tion and the interconnectivity of the pores is low. To improve interconnectivity, 
open-celled polyurethane foams can be immersed in slurries of sHA. The foams 
are then heated at 250°C to bum out the organic components (pyrolysis) and 
sintered at 1,350°C for 3 hours, producing a scaffold with 300 pm interconnected 
pore diameters. 7 This method is successful, but leaves the foam stmts hollow and 
is difficult to upscale for mass production. 

A successful porous sHA product, ApaPore® (Apatech Ltd., Elstree, UK), 
is a porous HA that has an interconnected macroporosity and some microporos¬ 
ity. It has been successfully used in impaction grafting for the cemented revision 
of failed total joint arthroplasties, spinal fusions and bone defect treatment. 
Although Apatech have not disclosed how they produce their product, its mor¬ 
phology indicates that it is made by a process similar to the gel-cast foaming 
process, which has been the most successful published method for producing an 
interconnected porous ceramic. 8 In the gel-cast foaming process, suspensions of sHA 
particles and organic monomers are foamed with the aid of a surfactant (Fig. 32.1). 
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Figure 32.1. Schematic of the gel-cast foaming process. 
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Figure 32.2. Schematic showing how surfactants stabilise air bubbles in agitated water. 


The surfactant is critical to obtaining an interconnected pore network. It works 
by reducing surface tension, which stabilises bubbles that form by air entrap¬ 
ment. The slurry is typically expanded to three or four times the initial slurry 
volume. Using in situ polymerisation of monomers, the porous network sets. The 
increase in viscosity during the gelation process also helps to stabilise the bub¬ 
bles. Figure 32.2 shows how the surfactant works. They are “surface active 
agents” and are molecules with a hydrophilic end and a hydrophobic end. When 
surfactants are added to water, they lower the surface tension because the hydro¬ 
philic end of the molecule affiliates itself with the water; the hydrophobic end is 
in the air. The surfactant must be of suitable type and be homogeneously dis¬ 
persed to obtain spherical pores. To obtain an interconnected pore network, the 
bubbles must be large and touching each other in the solution until gelation. On 
gelation, the surfactant films must rupture, opening up interconnecting channels 
between the bubbles, which now become the pores. The surfactant and polymer 
are then removed by a sintering process, which also fuses the ceramic particles 
together and provides strength. As the particles are bound together in a polymer 
matrix, rather than coating a polymer foam, the struts of the gel-cast foam are not 
hollow, which improves their strength when compared to polymer foam 
replicates. 

Hi-Por Ceramics Ltd. (Sheffield, UK) market a foamed competitor, and 
Ossatura™ (Isotis Orthobiologics, USA) is a granular macroporous (75%) mate¬ 
rial composed of approximately 80% sHA and 20% (3-TCP (tricalcium phosphate). 
TCP undergoes dissolution in aqueous solutions and therefore is incorporated in 
the product so that it will degrade more rapidly than the HA, leaving pores for bone 
to grow into. 
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Very popular HA bone graft materials have also been derived from special 
species of corals (Porites) 9 and from bovine bone. 10 These can contain some of 
the minor and trace elements originally present in the coral or in the bone. Bio- 
Oss® (Osteohealth, Shirley, New York) is a porous bovine bone. 10 Osteograf-N™ 
(CeraMed Co, Denver, CO) and Endobon™ (Merck Co, Darmstadt, Germany) 
are sintered materials. 

Porous coralline HA is sold as Interpore™ and Pro-Osteon™ 9 , which are 
manufactured by Interpore International, Inc., Irvine, CA. HA grafts derived from 
coral, or coralline HA, are prepared by hydrothermal conversion of coral, which 
is primarily CaC0 3 , at 260°C and 15,000 psi in the presence of ammonium phos¬ 
phate. 9 A secondary phase of (3-tricalcium phosphate (fi-TCP) also forms during 
the hydrothermal conversion. The main problem with corralline-derived HA is 
sourcing the coral template, as only particular types of coral have a suitable 
structure. 

Bovine-derived apatites are produced by the removal of the organic matrix. 
The resulting material is then either left unsintered or sintered above 1,000°C. The 
unsintered bone mineral consists of small crystals of HCA, whereas the sintered 
bone mineral consists of much larger apatite crystals without C0 3 . 3 Coralline HA 
contains traces of Mg, Sr, C0 3 and F. Bovine bone-derived apatite contains Mg, 
Na and C0 3 . 3 The advantage of these materials is that they have an interconnected 
macroporous network that is conserved from the coral and bone, without the need 
for porogens or foaming processes. A disadvantage is the lack of supply of the 
coral and ethical and environmental issues regarding coral harvesting. 

Although sHA has excellent biocompatibility and osteoconductivity, it 
does not resorb in the body and therefore will not fulfil the criteria of an ideal 
tissue scaffold. Consequently, it is not an ideal material for regenerative medicine 
applications, but is an excellent material for use as a permanent bone defect filler 
or permanent grafting material (bone substitute). 

The rate of dissolution of HA materials depends on porosity and crystal¬ 
linity. 11 Although stoichiometric sHA has very low degradation rates, degradation 
can be increased by substituting in other components that are found in biological 
apatites. The type and extent of substitution affects the rate of dissolution. Bone 
has 5-8 wt% CO 2- and carbonate substitution (nominally for P0 4 ) that contrib¬ 
utes to the most soluble apatite (HCA) 12 , however, F substitution (for OH) 
decreases the solubility to lower than sHA. Higher dissolution also leads to higher 
bioactivity. 

Synthetic carbonated apatite (HCA) is synthesised by adding calcium 
nitrate into the solution reaction and sintering in a C0 2 atmosphere to prevent 
carbonate loss. 13,14 However, Apatech decided to opt for silicon-substituted 
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(nominally for P0 4 ) apatite. 15 The concept of using Si is based upon the com¬ 
position of bioactive glasses that are more osteogenic than apatites and the main 
difference is that bioactive glasses release soluble silica, as discussed in 
Chapter 3. Very small amounts of Si were introduced into the HA composition. 
Cell culture tests, using human bone cells, and in vivo tests in rabbits indicated 
that 0.8 wt% Si produced the best quality bone (see Chapter 18). 16,17 

The improved bioactivity of the Si-HA compared to sHA is likely to be 
due to a combination of the Si-producing defects (more grain boundaries and 
smaller grains) in the crystal structure, increasing the dissolution rate of the HA 
and the release of soluble silica. Small structural differences were observed 
between sHA and Si-HA, with Si-HA having a unit cell with a shorter a axis and 
larger c axis and a lower number of OH groups. The incorporation of silicon in 
the HA lattice also caused an increase in the distortion of the P0 4 tetrahedra. 
Si-HA is marketed as various products under the name Actifuse®, which is now a 
market leader as a synthetic graft for spinal fusion operations. It is a granular 
material that the surgeons tend to mix with blood and insert into titanium alloy or 
polyether-ether-ketone (PEEK) cages, which are used to replace herniated 
intervertebral discs. The Actifuse® actively fuses the vertebrae together in an 
operation that would commonly use bone from the pelvis or bone spurs harvested 
from other regions of the spine. It is 80% porous Si-HA (0.8 wt%), produced by 
a similar method as their ApaPore® product, where a cage or screw fixation device 
is used to relieve the graft site from physiological loads. It is applied as a granular 
structure that is combined with localised blood or with blood marrow aspirate, in 
a ratio of 1—1.5:1 (blood/BMA to Actifuse®) to allow for optimal handling and 
placement. 

The limitation with all these materials is that they cannot be used in load- 
bearing applications because of their low fracture strength. 12 


32.4. POROUS BIOACTIVE GLASSES 

In terms of commercial products, bioactive glass is lagging behind apatites 
somewhat. However, they still have the potential to outperform all the commer¬ 
cial products currently available. The delay in the development of bioactive glass 
scaffolds has been due to the fact that the commercially available (and FDA 
approved) composition (Bioglass®) cannot be made into porous scaffolds without 
it crystallising. However, NovaBone Products now has a porous 45S5 Bioglass® 
product in the market that has a minimal amount of crystallisation. There are two 
options for creating amorphous porous glasses: change the composition so as to 
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create a melt-derived bioactive glass that can be sintered and ensure the new 
composition is still bioactive; or make the glass by an alternative route. 

There are two processing routes to produce bioactive glasses: the tradi¬ 
tional melt-derived approach and the sol-gel process, each yielding very different 
glasses. 


32.4.1. New Melt-Derived Glasses 

Bioglass® cannot be made into scaffolds or even easily drawn into fibres 
without it crystallising, because of its random 2D amorphous structure. It has less 
than 50% silica content so that the silica network is disrupted enough to be degra¬ 
dable in aqueous solutions (i.e., body fluid). This means it must have greater than 
50% of its other components, the majority of which are calcia (CaO) and soda 
(Na 2 0), which act as network modifiers. This composition means that Bioglass® 
has a network connectivity (the number of bridging oxygen bonds, -Si-O-Si-, 
bonds per silicon atom) of two. If the network connectivity increases above 2.4, 
bioactivity is significantly reduced, which is why bioactivity is lost in melt- 
derived glasses that have silica content greater than 60 mol% (see Chapter 3). 

Recently, new compositions have been devised that do not crystallise on 
drawing and sintering. One is 13-93 (54.6 mol% Si0 2 , 6% Na.,0, 22.1% CaO, 
1.7% P 2 O s , 7.9% K 2 0,7.7% MgO), which was developed in Finland. Porous scaf¬ 
folds have been produced, using the polymer foam replication technique, 18 but this 
composition takes seven days to form an HCA layer in simulated body fluid tests. 
In contrast, 45S5 Bioglass® particles formed the same layer within eight hours in 
the same test. This is because the network connectivity is higher in glass composi¬ 
tion 13-93 compared to 45 S5 Bioglass®, due to the increased silica content. 

In order to obtain a similar result without compromising bioactivity, 
ICIE16 (49.46% Si0 2 , 36.27% CaO, 6.6% Na 2 0, 1.07% P,0 5 and 6.6% K 2 0, in 
mol%) was developed by Elgayar et al. 19 Also, to improve on the pore morphol¬ 
ogy, the gel-cast foaming process that was used so successfully on HA ceramics 
was adapted to produce porous bioactive glass scaffolds (Fig. 32.1). 

Fine particles (<38 pm) in an aqueous slurry were foamed under vigorous 
agitation. During the in situ polymerisation, the viscosity increased until a gel 
(a solid covalent network containing water) forms. Just prior to gelation, the foam 
is poured into a mould. The pouring window is short: too early and the foam can¬ 
not hold its weight and will collapse, too late and it will gel in the foaming vessel. 
After gelation, the foam is a composite of glass particles within the newly formed 
polymer matrix (Fig. 32.3). 
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Figure 32.3. Scanning electron microscope images from the gel-cast foaming process of 
a bioactive glass: (a, b) immediately after foaming (a) low and (b) high magnification 
showing gelation glass particles dispersed in a polymer foam; (c, d) after drying, polymer 
removal and sintering at (c) low magnification, showing the pore network, and (d) higher 
magnification, showing that the particles have fused together well during sintering. More 
detail can be found in Wu et al. (2011). Acta Biomater., 7, 1807-1816. 


To make the porous glass, the surfactant and polymer are removed. The 
composite is usually held at around 300°C to remove the polymer. At this point, 
the particles are effectively balancing on each other in the shape of a foam. As the 
temperature increases above T g the particles sinter together. The sintering 
temperature depends on the sintering window of the glass composition being 
used, but is usually around 700°C. The scaffolds have large interconnecting pores 
(Fig. 32.3). The smooth surface of the struts indicate that sintering was completed 
efficiently. One disadvantage of this process is that there are many variables, 
which makes upscaling a challenge. The amount of glass loading particle size is 
also important; small particles sinter more easily as they have a higher surface 
area, surfactant concentration and thermal processing parameters. All are critical 
for a strong foam. 


Porous Bioactive Ceramic and Glass Scaffolds for Bone Regeneration 


473 



Another challenge is that for a surfactant to operate, water must be present, 
hence the need for the slurry to be water-based. This means that the glass will 
start to react with the water. Although the amount of time the glass is exposed to 
the water is short, it can trigger crystallisation of the glass to occur at a lower 
temperature. Gel-cast foam glass scaffolds have been made with 60% porosity, 
interconnect sizes in excess of 100 (tm and compressive strengths greater than 
15 MPa, which is at the upper end of that of cancellous bone. 

Before sinterable melt-derived glass compositions were developed, 
the sol-gel process was used to produce porous glass scaffolds. Figure 32.4 shows 
3D images comparing the pore networks of Actifuse®, cancellous human bone, 
gel-cast foam and sol-gel foam bioactive glass scaffolds. All have similar inter¬ 
connected pore networks. Other techniques struggle to create porous scaffolds 
that mimic the structure of cancellous bone so closely while obtaining compres¬ 
sive strengths that also match the bone. 

Recent developments in rapid prototyping have allowed the development of 
higher strength (>150 MPa) porous melt-derived glasses. The strength is a result of 
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Figure 32.5. Bioactive glass scaffolds produced by the robocasting rapid prototype 
method. X-ray microtomography image (left) and SEM image (right) (courtesy of E. Saiz 
and Q. Fu. Further information in Adv. Funct. Mater., 2011, 21, 10581063). 


alignment of thick glass struts (>50 (tm) in the scaffold. This is similar to the 
strength of cortical bone. Rapid prototyping techniques can build objects in almost 
any net shape, by depositing material layer by layer. The method is often also 
known as solid freeform fabrication. The advantage over foaming is that the scaf¬ 
fold structure is dictated by computer aided design files (CAD). The CAD file 
could even be generated from a CAT scan of a tissue, allowing complete replication 
of the structure of a tissue. Bioactive glass scaffolds are produced by a printing 
process called robocasting. Pores were in excess of 500 pm (Fig. 32.5) and porosity 
was 60%. The glass composition used was 6P53B (51.9 SiO„ 9.8 Na,0, 1.8 K 2 0, 
15.0 MgO, 19.0 CaO, 2.5 P 2 O s , in mol%). Inks were made by mixing 30 vol% 
glass particles in 20 wt% Pluronic® F-127 solution. Glass scaffolds were fabricated 
by extruding the inks through a 100 pm syringe nozzle using a robotic deposition 
device. The inks were printed on an alumina substrate in a reservoir of non-wetting 
oil. The scaffolds were air-dried for 24 hours and subjected to a controlled-heat 
treatment to decompose the organics and sinter the glass particles (700°C). 

32.4.2. Sol-Gel Derived Bioactive Glasses 

For a melt-derived glass to bond to bone, the silica content has to be 60 mol% 
or lower. However, HCA layer formation and bone bonding can be achieved for 
glasses with up to 90 mol% silica if the glass is sol-gel derived. 20 This is because 
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sol-gel glasses have a lower network connectivity than their nominal composition 
suggests. This is due to OH being incorporated into the silica network during the 
process and because sol-gel glasses have an inherent nanoscale porosity, which 
increases their specific surface area (>100 m 2 g _1 compared to 2 m 2 g _1 ) for melt- 
derived glasses, and thereby increases their bioactivity and degradation rate 21 

The first sol-gel derived bioactive glasses were developed in the early 
1990s. 20 ’ 21 The 58S (60 mol% Si0 2 , 36 mol% CaO and 4 mol% P,O s ) composition 
was found to form the HCA surface layer more rapidly than similar compositions 
of melt-derived glass. 23 

The sol-gel process involves the hydrolysis of alkoxide precursors to cre¬ 
ate a sol, see Chapter 1. In the case of silicate-based bioactive glasses, the silicate 
precursor would be an alkoxide such as tetra-ethyl orthosilicate (TEOS) or simi¬ 
lar. If other components apart from silica are required in the glass composition 
they are added to the sol either as other alkoxides or as salts. In the case of 58S, 
phosphate is incorporated by adding tri-ethyl phosphate (TEP) and calcium by 
adding nitrate tetra-hydrate. The sol can be considered as a solution of silica spe¬ 
cies that can undergo polycondensation to form silica nanoparticles which then 
coalesce during gelation. Water and ethanol are byproducts of the condensation 
reaction, which must be evaporated by using carefully controlled low heating 
rates. The final step is to heat the dried gel to at least 600°C in order to remove 
the nitrates from the calcium nitrate. During the thermal processing, the coalesced 
nanoparticles sinter together, leaving interstitial nanoporosity. The nanopores are 
usually in the range of 1-30 nm diameter and can be tailored during processing 
by controlling the pH of the catalyst, 24 the nominal composition 25 and the final 
temperature. It is, however, difficult to produce large crack-free monoliths 
(greater than 10 mm thickness), because the driving off of water, organics and 
nitrates cause capillary stresses that cause cracking. 

Although sol-gel glasses can degrade more rapidly and be more bioactive 
than the melt-derived glasses, perhaps the biggest benefit of using the sol-gel 
route over melt-derived is that porous scaffolds with interconnected macropores 
suitable for tissue engineering applications can be easily produced by introducing 
a foaming step. 26 The sol-gel foaming process has some similarities to the gel cast 
foaming process, in that a surfactant is added and the sol is foamed by vigorous 
agitation as the viscosity rapidly increases (Fig. 32.6). However, in the sol-gel 
process, no polymer is added to gel the system as the sol gels spontaneously. On 
gelation, the spherical bubbles become permanent in the gel and as drainage 
occurs in the foam struts, the gel shrinks and the bubbles merge and interconnects 
open up at the point of contact between neighbouring bubbles. 
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Figure 32.6. Schematic of the sol-gel foaming process. 



Figure 32.7. Sol-gel foam hioactive glass scaffolds, (a) X-ray microtomography image 
of the macroporosity (reprinted with permission from Jones et al. (2007). Biomaterials, 28, 
1404-1413); (b) electron microscopy image of the nanoporosity. 


The sol-gel foam scaffolds have a hierarchical structure of interconnected 
macropores (Fig. 32.7a and Fig. 32.4), which mimic the porous structure of can¬ 
cellous bone and allow the scaffold to act as a 3D template for tissue growth, and 
a nanoporous porosity that allows control of degradation (Fig. 32.7b). Cell 
response studies on the bioactive glass foam scaffolds have found that primary 
human osteoblasts lay down mineralised immature bone tissue, without addi¬ 
tional signalling species. This occurred in scaffolds of both the 58S composition 27 
and the 70S30C composition, 28 which showed that phosphate is not required in 
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the glass composition for bone matrix production and mineralisation to occur. 
Compressive strengths of 2.4 MPa have been obtained while maintaining modal 
interconnect diameters above 100 pm. 1 Strength values are similar to those of 
clinically used porous HA. 10 Although their compressive strength may be suita¬ 
ble, bioactive scaffolds suffer similar problems to sHA for brittleness. 


32.5. GLASS-CERAMICS 

The first attempt to improve toughness of glasses and ceramics was with a 
third class of materials that is in widespread use in Japan: glass-ceramics, particu¬ 
larly the apatite-wollastonite glass-ceramics that originated from Bioglass®. 
Glass-ceramics are polycrystalline materials produced by heating a parent glass 
above its crystallisation temperature. The most successful glass-ceramic has been 
AAV (apatite/wollastonite) bioactive glass-ceramic. It has a very fine-grained 
apatite (A) and wollastonite (W=CaSi0 3 ) crystals bonded by a bioactive glass 
interface produced by hot-pressing powders together. 29 Mechanical strength, 
toughness and stability of AAV glass-ceramics (AW-GC) in physiological envi¬ 
ronments are excellent and bone bonds to AAV-GC implants with high interfacial 
bond strengths. The bioactivity of this glass-ceramic was attributed to apatite 
formation on its surface in the body, brought about by the dissolution of calcium 
and silicate ions from the glass ceramic. 30 The AW-GC material was approved for 
orthopaedic applications in Japan with particular success in vertebral replacement 
and spinal repair. 31 It showed bioactivity and a high compressive strength 
(80 MPa). It is used clinically as artificial vertebrae and in iliac crest reconstruc¬ 
tion. Bioactive glass-ceramics are reviewed in detail in Kokubo. 30 No AAV scaf¬ 
folds have been developed. 


32.6. THE FUTURE: BIOACTIVE NANOCOMPOSITES 
AND HYBRIDS 

As no bioceramic or biopolymer fulfils all of the criteria for an ideal scaf¬ 
fold fisted above, new materials must be developed. There have been several 
attempts to combine bioactive glasses with biodegradable polymers to create a 
scaffold material with degradability, bioactivity and toughness. These attempts 
commonly used biodegradable polymers that are already approved for clinical use 
for some applications, such as the polyesters poly(lactides) or poly(glycolides) 
(and their co-polymers). Composite scaffolds with interconnected pore networks 
have been produced by incorporating bioactive glass particles into polylactide 
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foams. However, their application in bone regeneration is flawed, as the hioactive 
particles are generally covered by the polymer matrix. The host bone will therefore 
not come into contact with the glass. This may be rectified as the polymer phase 
begins to degrade and the glass is exposed. However, it is not as simple as that due 
to how the polymer degrades. Polyesters degrade by hydrolysis (chain scission by 
reaction with water). Initially, degradation is slow and depends on rate of water 
uptake (diffusion) into the polymer. Once the chain scission begins, molecular 
weight will decrease. The pH will then drop locally due to the acidic degradation 
products (e.g., lactic or glycolic acid), which will catalyse the degradation process 
(self catalysis). This will make the degradation rate extremely rapid, causing the 
scaffold to breakdown and rapidly lose mechanical strength, possibly leaving the 
defect unhealed. The autocatalysis can even cause thicker sections of polymer to 
degrade faster than thin sections. Co-polymerisation of poly(lactides) with 
poly(glycolides) can help tailor the degradation rate of the polymers, but the deg¬ 
radation rate will not be linear. Nanoscale composites may allow a closer relation¬ 
ship between the glass and the polymer and overcome this problem. 

The aim of creating nanocomposites is to have a nanoscale interaction 
between the bioactive inorganic phase and the organic phase, creating a tough 
material. This intimate interaction should allow bone cells to come into contact 
with both phases at one time, and the material should degrade congruently, in a 
more linear fashion than conventional polyesters or their composites. 
Nanocomposites are a nanoscale version of a conventional composite, where 
nanoparticles are dispersed in a polymer matrix. Alternatives are hybrids, where 
the inorganic and organic phases are indistinguishable above the submicron 
scale. 32 As the sol-gel process is initially a room temperature process, soluble 
polymers can be incorporated into the sol so that the polymer network is incorpo¬ 
rated as the silica network forms. This nanoscale interaction can produce unique 
properties. 

When covalent bonds are formed between the components, it is possible 
to achieve fine control of degradation rate and mechanical properties (a class 
II hybrid; Fig. 32.8). These materials are termed hybrids herein but certain 
types have also been called ceramers and ormosils, and have the greatest 
potential to combine the desired properties of the constituent materials for 
bone regeneration. 

The sol-gel foaming process, yielding ideal pore networks for hioactive 
glass scaffolds, can also be applied to a hybrid sol to produce a hybrid foam 
(Fig. 32.9). 

However, there are complex chemical challenges associated with this pro¬ 
cedure, including which polymer to use and how to incorporate calcium. 
Traditionally, calcium nitrate has been used as a precursor and donator of calcium 
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Figure 32.8. Schematic of a hybrid material (2D representation; courtesy of Esther 
Valliant, Imperial College London). 



Figure 32.9. 3D X-ray microtomography image of a sol-gel foam hybrid. 
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into the inorganic network. However, temperatures of at least 600°C are needed 
to drive off the nitrate byproducts that are toxic to cells. The temperature must 
also reach 450°C before calcium nitrate dissociates and calcium is incorporated 
into the network. 21 Hybrids cannot be heated to high temperatures, as the polymer 
will be damaged. Therefore another calcium precursor is needed. The best 
method for introducing calcium is yet to be found. 

Many bioresorbable polymers, e.g., poly(lactides), cannot be simply intro¬ 
duced into the sol, as they are not soluble in the sol. Bioactive glass/poly (vinyl 
alcohol) (PVA) hybrid scaffolds were produced using the sol-gel foaming tech¬ 
nique. PVA was chosen because it is soluble in water and could be added to a 
typical sol used to synthesise bioactive glass. The scaffolds produced had pore 
networks very similar to the bioactive glass foams with macropore diameters of 
up to 500 pm. Compression testing on these foams demonstrated that polymer 
addition increased with strain to failure of up to 8% strain, compared to -1% 
without the polymer added. A problem with the silica/PVA nanocomposites is 
that the PVA was not covalently bonded to the inorganic phase; therefore the scaf¬ 
fold is likely to breakup quite rapidly in body fluid. 

Although conventional polyesters are insoluble in water, they can be func¬ 
tionalised so that not only are they incorporated in the sol-gel process, they can 
also form covalent bonds with the silica network, creating a true hybrid material. 
The functionalisation of the polymer involves the introduction of couphng 
agents. 

One example is silica/poly (e-caprolactone) (PCL) hybrids. 34 Hydroxyl 
groups at either end of poly (e-caprolactone diol) polymer chains can be reacted 
with 3-isocyanatopropyl tri-ethoxysilane (IPTS). This process results in a poly¬ 
mer end capped with a tri-ethoxysilyl group. When the end capped with PCL is 
introduced into a sol the siloxane groups hydrolyse and then Si-OH groups from 
the end-capped polymer condense with the Si-OH groups from the hydrolysed 
TEOS in the sol to yield an interconnected PCL-silica network. The Young’s 
modulus and tensile strength of the bioactive glass/PCL hybrid with 60 wt% poly¬ 
mer were 600 and 200 MPa, respectively, which is in the range of cancellous 
bone. However, the mechanical properties were measured on dense materials and 
would be dramatically lower if the materials were processed into porous scaf¬ 
folds. The molecular weight of the PCL was low, at 6,693, indicating that long¬ 
term mechanical properties and stability in body fluid may also be low. Polymer 
chains must entangle with each other if the material is to have toughness, and the 
molecular weight should be two orders of magnitude higher for entanglement to 
happen. Polymers that can be functionalised using side groups of the chain rather 
than end-capping would therefore be preferable. 
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Alternatives to conventional polyesters are natural polymers. A popular 
strategy is to try to mimic the structure of bone as closely as possible, as its 
mechanical properties are superior to any biomedical composite produced to 
date. Reasons for bone’s superior properties are that it has a hierarchical struc¬ 
ture and is a nanocomposite containing collagen, which itself is a triple helix of 
polypeptides (amino acid chains). Collagen is a structural protein with a triple 
helix structure of collagen analogous to that of a rope and gives it excellent 
mechanical strength. 

Collagen would therefore be an ideal choice to use as a natural polymer in 
hybrid synthesis. Unfortunately the triple helix structure that gives collagen its 
properties makes it very insoluble. It will dissolve in acetic acid, but only in very 
low concentrations. Therefore it is not possible to produce a hybrid with signifi¬ 
cant amounts of polymer using collagen, so it would remain brittle. There is also 
the dilemma of where to source the collagen. Currently, it cannot be synthesised 
in any significant quantity so it must be sourced from animals. Although collagen 
is unlikely to be rejected by a patient’s body, because the amino acid structure of 
collagen is similar for most species and therefore cannot be detected as foreign, 
patients may refuse an implant on religious or moral grounds, due to the animal 
species it originates from, e.g., bovine or porcine. 

Natural polymers can also be functionalised. Gelatin has great potential as 
it is hydrolysed collagen and when collagen is dissolved in acetic acid, it dena¬ 
tures. The benefit of gelatin is that it is water-soluble. It also contains COOH 
(carboxylic acid), NH and NH 2 groups along its backbone that are available for 
functionalisation. A similar process to that used for the PCL-diol is used, except 
that glycidoxypropyl tri-methoxysilane (GPTMS) is used as the coupling agent. 35 
The glycidol group (epoxy ring) can open and react with the functional groups on 
the polymer chain, depending on the pH conditions. The functionalised polymer 
has short molecules bonded to it with Si-OH groups on the end of them, ready to 
undergo condensation with other Si-OH groups from the silica in the sol to form 
Si-O-Si bonds. Hybrids have also been produced with poly-y-glutamic acid 
(y-PGA), which is a much simpler polypeptide than gelatin. 36 y-PGA is synthe¬ 
sised by a biotechnology route, i.e., produced by bacteria. 

Another popular natural polymer is chitosan (2-amino-2-deoxy-2-Ducan), 
which is a polysaccharide derived from crustacean shells. 37 The chitosan is 
reacted with methanesulphonic acid to form butyrylchitosan, which is then 
reacted with acryloxypropyl tri-methoxysilane (APTMS) to form a silanated 
butyrylchitosan, which was then introduced into a sol of hydrolysed TEOS. 

The covalent coupling of polymers to the bioactive silica is necessary to 
be able to control the degradation or dissolution of the hybrids, especially if the 
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polymers are water soluble. However, careful control of the chemistry should 
allow complete control of degradation rate and the mechanical properties. 
The future may well be the use of human recombinant proteins, but much devel¬ 
opment is needed to increase their yields. 


32.7. REGULATORY ISSUES 

Once a promising new scaffold material has been developed and tested in 
the laboratory with cell culture tests and long-term mechanical tests as a function 
of degradation, it is time to translate the work from the bench to the bedside. This 
is not a trivial (or inexpensive) process. It takes considerable time and invest¬ 
ment. Difficult decisions also have to be made. An important early decision is for 
which class of material regulatory approval should be sought. At the time of 
writing, regulatory bodies, such as the FDA and the EU, are (quite rightly) mak¬ 
ing regulatory approval more difficult to achieve. Although it may disadvantage 
new companies with potentially important new products, safety must be para¬ 
mount. The regulatory class depends on the claims made by a company. For 
example, in the EU, if a company claims that a scaffold will bond to bone, 
degrade over time and stimulate bone regeneration, it will be a Class III medical 
device. If the company claims a new material will simply do the same as other 
bone grafts and fill space it will be a Class II device, but then the marketing or 
sales people in the company cannot claim performance superior to current prod¬ 
ucts. Of course, to obtain regulatory approval of a Class III device takes more 
investment and may involve lengthy clinical trials. Claiming pharmaceutical 
properties of an implant may also mean that approval is needed from pharmaceu¬ 
tical (rather than device) regulatory bodies such as the UK Healthcare Products 
Regulatory Agency (MHRA). See Chapters 38 and 39 for details of regulatory 
guideline and procedures. 


32.8. SUMMARY 

Granules of silicon-doped HA, with interconnected pores in excess of 
100 pm, are the current market leader for bioactive ceramic synthetic bone grafts. 
Bioactive glass foams have the potential to improve performance but no biocer¬ 
amics will ever fulfil all the criteria for an ideal scaffold. Inorganic/organic 
hybrids have the potential to be tough bioactive and biodegradable scaffolds. 
A massive challenge is expanding this technology to regenerate real load-bearing 
defects such as the hip. Replacing metals as load bearing devices is the ultimate, 
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but perhaps unachievable, goal. Tissue engineering approaches are not yet widely 
used in the clinic, except that surgeons often mix blood and bone marrow with 
implants, hoping to activate some stem cells already belonging to the patient. 
Incorporating osteoprogenitor cells within scaffolds may be the best solution if 
healthy bone is to be achieved in large defects. 
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Chapter 33 

TREATMENT OF CHRONIC WOUNDS WITH 
BIOACTIVE BORATE GLASS FIBERS 

Steven Jung 


33.1. INTRODUCTION 

Since the first in vivo experiments conducted by Larry Hench in the late 
1960s, it has been known that bioactive glasses were biocompatible materials 
that formed strong bonds with living tissue. 1 Since those first experiments, 
most research with regards to bioactive glass has been targeted towards under¬ 
standing and improving bone regeneration and bone bonding. Many papers 
discuss the formation of hydroxyapatite on the surface of bioactive glass using 
in vitro methods, and numerous case studies in humans and animals prove the 
efficacy of bioactive glass in stimulating bone regeneration. 1,2 

Soft tissues such as skin and muscle have been reported to have bonded to 
bioactive glass, but typically this was just a side comment with no significant 
emphasis in the study’s conclusions. Millions of people with conditions like dia¬ 
betes and venous stasis (vascular insufficiency in the lower legs) have few effec¬ 
tive treatment options for healing chronic wounds often associated with these 
diseases. The worldwide market for soft tissue regenerative materials and dress¬ 
ings reached nearly $7 billion dollars (US) in 2010 and is expected to grow at 
-10% a year. 3 In comparison to the worldwide bone regeneration market of $5.8 
billion (US) in 2010, 4 wound healing is a larger market with great personal and 
socio-economic impact. Wound healing and soft tissue regeneration has an unmet 
need with regards to effective treatment options and a new and highly effective 
material/dressing is needed to fulfill it. 3 

In this chapter, results from a human clinical trial that used a new type 
of bioactive borate glass fiber to treat chronic wounds are described. 5 Patients 
in the study were selected because they had failed to heal with conventional 
wound dressings and treatment and were considered chronic and non-healing. 

33.2. RATIONALE BEHIND BIOACTIVE BORATE GLASS 
AND FIBERS 

It is known that silicate-based bioactive glasses such as 45S5 bond to 
soft tissue, but these glasses as a whole have some properties that are difficult 
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Figure 33.1. Photograph of wound before (left) and after (right) treatment with bioactive 
borate glass nano-fibers. 


to overcome when processing a final form other than milled particles, such as 
small diameter nano-sized fibers. A material made from nano-sized fibers was 
selected to mimic the natural fibrous microstructure of a blood clot since that is 
what the body generates during the initial stage of connective tissue healing. 6 
Overall handling of the material is another important consideration of the mate¬ 
rial with respect to the clinicians that will ultimately use the material in prac¬ 
tice. In general, the easier the material is to work with, the better the outcome 
of the respective treatment. Figure 33.1 shows a wound prior to treatment (left) 
and the same wound covered with the bioactive borate glass fibers (right). The 
fibers are flexible and easily manipulated to fit the contours of a complex 
shaped wound. 

The borate glass compositions studied for wound healing have in vivo 
reaction rates that are approximately ten times faster than the well known silicate 
based 45S5 glass. This enhanced reaction rate allows for the fibers to fully react 
at the wound site in a matter of a few days, which is convenient since the typical 
wound patient is seen two to three times a week in clinic. The hioactive borate 
glasses also contain trace elements, such as copper and zinc, that stimulate impor¬ 
tant biological functions such as angiogenesis (blood vessel formation) 7 and 
epithelialization, 8 respectively. 


33.3. PATIENT CRITERIA AND TREATMENT 

Each patient was treated by conventional methods, which included typical 
debridement of non-viable tissue and/or wound exudates followed by wound 
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coverage, for a minimum of four weeks without forward progress prior to qualify¬ 
ing for enrollment. Each patient was seen two to three times weekly until the 
wound resolved or up to eight weeks. Due to the size of some of the wounds, the 
eight-week limit was extended in several cases since significant healing had 
occurred. During each visit at the hospital out-patient wound clinic, the wound 
was rinsed with a sterile saline solution to remove any wound exudates. Once the 
wound was clean, it was documented by photograph and dimensions of maximum 
length, width, and depth were recorded to monitor wound healing progress. The 
patient was asked about any pain and sensation at the wound site, or if they had 
any additional comments about the treatment. Finally, the wound surface was 
covered with the borate glass fiber dressing and the entire wound was covered 
with a conventional bandage. This process was followed two to three times 
weekly until the wound was resolved. 


33.4. SUMMARY OF THE HUMAN CLINICAL TRIAL 

At the time this chapter was written, 47 patients had continuously 
enrolled in the clinical study over the course of 15 months. Twenty six patients 
had healed and were released from the outpatient care, seven patients dropped 
out of the study for various reasons, including changing doctors, moving out of 
the area, and a few stated no reason at all, but stopped attending appointments, 
and 14 continued treatment with forward progress. The types of wounds 
included lower leg venous stasis ulcers, pressure ulcers on the lower back 
(sacrum) and on the feet, and an amputee stump revision. A few examples illus¬ 
trating the different types of wounds treated and the clinical outcomes are 
described. 

One instance involved treatment of a chronic, non-healing venous stasis 
ulcer on the lower leg of a 70-year old female. The patient had the following 
chronic health problems: diabetes, PVD, PAD, neuropathy, Charcot foot, previ¬ 
ous chronic wounds, previous recurring leg infections, and venous insufficiency. 
The wound was four months old and began from a small bruise. What was ini¬ 
tially just a bruise from falling had grown to a deep wound about the size of a golf 
ball, as shown in Fig. 33.2a. This wound was complicated by undermining (areas 
of skin that have pockets of underlying tissue voids), hydrostatic pressure in the 
lower leg, and by the fact that vascular deficiency from the patient’s other health 
conditions inhibited healing. As the treatment progressed, several indications that 
the wound was progressing became evident (Figs 33.2b-33.2d). Within three 
weeks, the wound had fully granulated (filled from the bottom), as shown by the 
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Figure 33.2. Images and wound measurements from a venous stasis ulcer treated with 
borate-based bioactive nano-fibers. The dashed circles at days pretreatment and 216 were 
added to guide the eye to the area of regenerated tissue. 


data in Fig. 33.2e. At five weeks, the distinct change from an irregularly-shaped 
wound in Fig. 33.2a to a rounded wound in Fig. 33.2b (five weeks) indicated that 
the wound had “moved” and was healing. After 111 days (33.2c), the wound was 
filling in from the top which is normal, and the bottom of the wound was continu¬ 
ally shrinking. The image in Fig. 33.2d shows the wound the day the patient was 
released. The wound had fully epithelialized with only a small circle of fragile 
tissue remaining. There was no noticeable scar and there was feeling reported by 
the patient in the regenerated tissue. 

A second instance involved a deep sacral ulcer over the lower back/tail 
bone area on a 39-year old paraplegic male patient (Fig 33.3a). The dressing 
application and procedure was the same as discussed above. This treatment 
yielded not only fast healing of the wound, but also little scar tissue was formed, 
as shown in the following photographs. This wound was termed a “killer wound”, 
since it was located adjacent to exposed portions of the patient’s spinal cord, and 
if the spinal cord were to become infected, the patient could expire. 
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Figure 33.3. Images and wound measurements from a sacral ulcer treated with 
borate-based bioactive nano-fibers. The dashed circles at days initial and 159 were added 
to guide the eye to the area of regenerated tissue. 


The wound closure data for the sacral ulcer is shown in Fig. 33.3b. It is 
apparent that the wound reacted positively to the fibers, as the length and width 
dimensions decreased at > 1 mm/day. The image of the wound prior to treatment 
is shown in Fig. 33.3c. The wound had areas of significant undermining and was 
considered a wet wound. After 159 days (Fig. 33.3d) the wound had fully healed 
with minimal scarring and was no longer releasing any exudates. The dashed oval 
represents the area of the original wound to guide the eye. 

A third instance involved a pressure wound on the heel of a 55-year old 
adult male patient. The wound had existed for about two years without healing 
under conventional treatment. The healing process was complicated by the 
patient’s chronic health issues, including diabetes with peripheral neuropathy, 
hypertension, renal failure with dialysis three times weekly, degenerative disk 
disease of the lumbar spine, and chronic foot wounds. The dressing applied and 
procedure was the same as discussed above. 
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Figure 33.4. Images and wound measurements from a heel wound treated with 
borate-based bioactive nano-fibers. 


The images of the healing progression are shown in Figs 33.4a-33.4d and 
the data in Fig. 33.4e. Within the first week of treatment, the wound had fully 
granulated (Fig. 33.4b) and within two weeks the wound had decreased in size by 
over 50%. After 28 days, the wound was nearing full epithelialization 
(Fig. 33.4c) and was completely healed in just over a month (Fig. 33.4d). 


33.5. SUMMARY 

The most important observations from this work include: the ability to 
use bioactive borate glasses to convert a chronic non-healing wound to an acute 
wound that healed; the lack of scarring present in the regenerated tissue; and 
the successful stimulation of granulation tissue in deep tissue wounds. The 
composition and microstructure of the bioactive borate glass materials appear 
to work together to promote healing and provide successful clinical outcomes. 
Finally, the data and images shown in this chapter illustrate the possibilities for 
enhancing treatment options for servicing the wound-healing market 
worldwide. 
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Chapter 34 

BIOACTIVE GLASS-CERAMICS FOR 
LOAD-BEARING APPLICATIONS 


Oscar Peitl, Edgar D. Zanotto, Francisco C. Serbena 
and Larry L. Hench 


34.1. INTRODUCTION 

One of the great challenges in biomaterials is developing a material that 
matches the biomechanical properties of bone and also has sufficient bioactivity 
to bond to living bone and soft tissues. 1,2 Biocomposites come close to achieving 
this goal but have been limited in clinical applications due to unstable interfaces 
between the phases, as discussed in Chapter 26. Another approach has been to 
improve the mechanical properties of bioactive ceramics by making a glass- 
ceramic, such as the AAV glass-ceramic (for example Cerabone®), discussed in 
Chapters 13 and 14. The high strength and high toughness of the AAV glass- 
ceramic makes it a load-bearing replacement for cortical bone loaded under 
compression. AAV glass-ceramic has been used successfully in more than 60,000 
clinical cases, including vertebral replacement and iliac crest repair (Chapter 14). 
However, its elastic modulus is about one order of magnitude higher than that of 
cortical bone, giving rise to the possibility of long-term stress shielding when the 
material is used as a bone replacement (Chapter l). 3 Also, the level of bioactivity 
of AAV glass-ceramic is insufficient for bonding to soft connective tissues, 4 as 
needed for some clinical applications. This chapter describes a new approach to 
achieving high strength, high toughness glass-ceramics with bioactivity equiva¬ 
lent to the grandfather 45S5 bioactive glass. 1 ' 2,5 


34.2. BIOACTIVE GLASS-CERAMIC COMPOSITIONS 

The effects of crystallization on the in vitro activity of osteoblast cultures in 
simulated body fluid (SBF), in animals and humans, of monolithic and powdered 
glass-ceramics of the system P 2 0 5 -Na 2 0-Ca0-Si0 2 have been developed to 
exhibit similar levels of bioactivity as the “gold standard” 45S5 Bioglass®. 12,4,6 
Glasses within the composition range lNa 2 0-2Ca0-3Si0 2 and 1.5Na 2 0-1.5Ca0- 
3Si0 2 with 0-6% P 2 O s showed that crystallization slows down, but does not inhibit, 
the development of a crystalline hydroxycarbonate apatite (HCA) layer, even on 
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Table 34.1. Glass Compositions Studied (wt%). 


Component 

Si0 2 

Na 2 0 

CaO 

P 2° 5 

1.07N2C3S 

50.3 

18.5 

31.3 


1.5N1.5C3S 

50.5 

24.8 

24.8 


1.5N1.5C3S + 4P 

48.5 

23.8 

23.8 

4.0 

1.5N1.5C3S + 6P 

47.5 

23.2 

23.2 

6.0 


fully crystallized glass-ceramics of these compositions. 12 Table 34.1 summarizes 
some of the glass compositions studied. 5 


34.3. IN VITRO TESTS OF BIOACTIVITY 

The range of onset time for crystallization of HCA in in vitro tests using 
SBF-K9 varied from 8 h for a 1.5Na 2 0-1.5CaO-3Si0 2 glass containing 6% P 2 O s 
to 32 h for a fully crystallized 1.07Na 2 O-2CaO-3SiO 2 glass-ceramic without 
phosphorous. 1,5 Nonetheless, in vitro HCA layer formation on these glass-ceram¬ 
ics, even for the least bioactive, is much faster than on partially- or fully-crystal¬ 
lized commercial bioceramics, such as sintered hydroxyapatite (HA) and AAV 
(Cerabone®), which usually takes at least seven days. 2 Peitl et al. concluded that 
two simultaneously-acting factors are responsible for the high bioactivity level of 
these glass-ceramics: a highly-soluble crystal phase (1N2C3S) and the existence 
of phosphorus ions in substitutional solid solution, which are able to be readily 
released from the crystal structure. 1,2 Both factors contribute to a faster HCA layer 
formation on glass-ceramics of this system by the same five stages of surface reac¬ 
tion mechanisms observed for the 45S5 Bioglass®, described in Chapter 3. 

All five surface reaction stages go to completion within two-five hours for 
glasses and glass-ceramics of highest bioactivity in this system. 1-6 


34.4. MECHANICAL PROPERTIES OF GLASS-CERAMICS: 

GENERAL 

There is a large body of literature describing the mechanical properties of 
different types of glass-ceramics. 7-14 However, effects of the crystallized volume 
fraction at constant grain size and of varying grain size with constant crystallized 
volume fraction on mechanical properties of glass-ceramics have seldom been 
investigated. There are only a few studies of mechanical properties of bioactive 
glass-ceramics. Several papers compare the mechanical behavior of the parent 
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glasses with (almost) fully crystallized glass-ceramics but do not consider 
partially-crystallized glass-ceramics of varied microstructure. 7-9 Some studies 
compared the mechanical behavior of glass-ceramics, varying the crystal size for 
a fixed volume percentage of crystal phase, whereas others describe the effect of 
volume fraction of crystal phase, but neglect the crystal size effect. 

In this work, we studied independently two important microstructural fac¬ 
tors that affect the material’s mechanical behavior: crystalline volume fraction 
(at constant crystal size) and crystal size (at constant crystallized volume fraction). 
Production of tailored microstructures by controlling internal nucleation and 
growth (and the resulting level of internal residual stress) was the biggest chal¬ 
lenge. This study is the first to focus on these two interdependent microstructural 
effects, plus the possible effect of residual stress on the mechanical behavior of 
glass-ceramics in general and bioactive glass-ceramics in particular. 5 Our goal is to 
obtain an optimized bioactive glass-ceramic that combines improved mechanical 
properties, such as relatively low elastic modulus, high fracture strength and rela¬ 
tively high toughness, with a bioactivity level comparable to that of 45S5 Bioglass®. 
Successful development of these mechanical and bioactivity properties in a fine¬ 
grained bioactive glass-ceramic resulted in a patent filed in the USA and in the 
European Community. 15 Recent efforts describe the optimized mechanical proper¬ 
ties and interpretation of the mechanical behavior of this glass-ceramic system. 5 

34.5. EXPERIMENTAL PROCEDURES 

High purity silica and reagent-grade calcium carbonate, sodium carbonate 
and sodium phosphate were used to obtain glasses of approximate compositions 
1.07N2C3S and 1.5Na 2 0-1.5Ca0-3Si0 2 , with 0, 1, 2, 4 and 6 wt% P 2 O s . The 
exact nominal compositions are given in Table 34.1. Details are given in References 
1, 2, 5 and 15. The strategy used to study and control crystallization follows that 
proposed by Kalinina and Filipovich, 16 who employed a two-step heat treatment to 
measure nucleation rates. The procedure consists of growing the nuclei formed in 
the first step by a second heat treatment at a higher temperature. 1,2 ' 5 

Crystal growth rates were determined by optical microscopy, considering the 
size of the biggest crystal (the primogenitus) as function of time and temperature of 
the second treatment. Measurements were taken on polished and hydrofluoric acid 
(HF) etched surfaces. Table 34.2 shows the range of temperatures and times used to 
develop the desired microstructures. The glass-transition temperatures (Tg) were 
determined using differential scanning calorimetry (DSC) to study the effect of P,0 5 
content on the nucleation rates. From the DSC curves, the Hruby parameter KGL 
was calculated to estimate the glass stability against crystallization during heating. 5 
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Table 34.2. Thermal Treatment Ranges Used to Produce Different Microstructures for 
the Compositions Studied. 


Composition 

Nucleation 

Growth 

Volume (%) 

T(°C) 

t (min) 

T (°C) 

t (min) 

Crystallized 

1.07N2C3S 

600 

960 

690 

60 

100 

1.5N1.5C3S 

520-560 

3-180 

620-640 

6-22 

10-100 

1.5N1.5C3S +4P 

540-590 

30-6000 

650-700 

5-80 

5-100 

1.5N1.5C3S +6P 

540-590 

60-9000 

650-700 

10-70 

10-100 


Some mechanical properties — flexural strength, elastic modulus, micro¬ 
hardness and indentation fracture toughness — were measured using rectangular 
bars with dimensions of 5 x 3.5 x 35 mm 3 . The effect of the crystalline volume 
fraction with a constant grain size was evaluated for five different percentages of 
crystals, 0, 15, 34, 60 and 100%, with an average grain diameter of 13 pm (with 
a very narrow grain size distribution). For the crystalline volume fractions that 
presented the best flexural strength and indentation fracture toughness, we devel¬ 
oped thermal treatments to produce microstructures having the widest possible 
range of crystal sizes without adding any nucleating agent. In this way, micro¬ 
structures with crystal sizes in the range 5-21 pm and with constant crystalline 
volume fraction had their mechanical properties investigated. 5 


34.6. MECHANICAL PROPERITES OF OPTIMIZED 
BIOACTIVE GLASS-CERAMICS 

Bioactive glasses having chemical composition between lNa 2 0-2Ca0- 
3Si0 2 (1N2C3S) and 1.5Na 2 0-1.5Ca0-3Si0 2 (1N1C2S), containing 0, 4 and 
6 wt% P 2 O s , were crystallized through double-stage thermal treatments. By care¬ 
fully controlling these treatments it was possible to separate and optimize the 
effects of two important microstructural features, crystallized volume fraction 
and crystal size, on the mechanical properties. Fracture strength, elastic modulus 
and indentation fracture toughness were measured as a function of crystallized 
volume fraction for a constant crystal size. Glass-ceramics with crystalline vol¬ 
ume fraction between 34 and 60% exhibited improvement of three times in frac¬ 
ture strength, as illustrated in Fig. 34.1, and an increase of 40% in indentation 
fracture toughness compared with the parent glass. 5 

For the optimal crystalline concentration (34 and 60%), these mechanical 
properties were then measured for different grain sizes, from 5 to 21 pm. The 
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Figure 34.1. Dependence of flexural strength on percent crystallinity for 1.5N1.5C3S+4P 
glass-ceramics with 13 pm crystal size. 


glass-ceramic with the highest fracture strength and indentation fracture tough¬ 
ness had 34% crystallized volume fracture and 13 pm crystals, as shown in 
Fig. 34.2. 5 Compared to the parent glass, the average fracture strength of this 
glass-ceramic was increased from 80 MPa to 220 MPa, which is substantially 
greater than the flexural strength of cortical bone. The indentation fracture tough¬ 
ness increased from 0.60 to 0.95 MPa.m 1 ®, as discussed in Peitl et al? 

The increase in indentation fracture toughness was analyzed with different 
theoretical models, which demonstrated that it is due mainly to crack deflection. 
Residual stresses do not significantly contribute to toughening; in fact they cause a 
decrease in toughness at low volume fraction of crystals due to the increased average 
tensile stresses in the glass matrix. 5 The estimated fracture toughness of our 34% 
crystallized glass-ceramic is about half that of commercial glass-ceramics AAV and 
BIOVERIT, but it is twice as large as that of 45S5 Bioglass®. The partially-crystal¬ 
lized bioactive glass-ceramics with high strength and high toughness are reasonably 
machinable; i.e. they can be easily cut or drilled by a surgeon using a hand tool with 
no cracking or spalling. Importantly, the bioactivity level is equivalent to that of the 
gold standard 45S5 Bioglass® and by far the highest of all glass-ceramics. 2 

Fortunately, the elastic modulus, E, of the optimized hioactive glass- 
ceramic increased only slightly, from 60 to 70 GPa, for the strongest glass- 
ceramic with 34% crystal phase, as shown in Fig. 34.3. This is an important 
finding since the E of biomaterials should be as close as possible to that of 
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Figure 34.2. Flexural strength (S F ) for 1.5N1.5C3S+4P partially-crystallized glass- 
ceramic, as function of the crystal size. Solid line = 34% crystallinity, dotted line = 60% 
crystallinity. 



Figure 34.3. Young’s modulus as function of volume percentage of crystallinity for three 
compositions. 
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cortical bone to avoid stress shielding in load-bearing applications. Thus, the best 
glass-ceramic is a unique bioactive ceramic that combines excellent mechanical 
properties with a high level of bioactivity. Clinical trials of this biomaterial are 
now underway. 1718 


34.7. CONCLUSION 

The flexural strength of the optimized bioactive glass-ceramic is significantly 
greater than that of cortical bone and comparable to that of apatite-wollastonite 
(AAV) bioactive glass-ceramic, which has been used successfully in orthopedic 
compressive load-bearing applications for decades. The optimized bioactive glass- 
ceramic described in this chapter has the advantage that it exhibits a much lower 
elastic modulus than AAV glass-ceramic and has an elastic modulus similar to that 
of cortical bone. The level of bioactivity of the partially-crystallized glass-ceramics 
that exhibit high strength and toughness is equivalent to that of 45S5 Bioglass®. 
These results thus demonstrate that it is possible to design bioactive glass-ceramics 
with improved microstructures that should be possible to use clinically in flexural as 
well as compressive load-bearing applications. However, prior to extensive clinical 
trials it is necessary to conduct studies of static and dynamic fatigue of these materi¬ 
als in simulated clinical load-bearing environments to ensure that the mechanical 
properties do not degrade over time. 
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Chapter 35 


POROUS WALL, HOLLOW GLASS 
MICROSPHERES 

George G. Wicks, Steven Serkiz, Shuyi Li and William Dynan 

35.1. INTRODUCTION 

The Savannah River National Laboratory (SRNL) has developed a novel 
class of materials for a variety of new and exciting applications in energy, envi¬ 
ronmental remediation, homeland security and medicine. 1-6 This unique material 
is called porous wall, hollow glass microspheres (PW-HGMs), which consist of 
tiny glass microballoons, smaller than the diameter of a human hair (Fig. 35.1). 
The average sizes of the PW-HGMs range from 2 to 100 pm, with an average 
diameter of about 50 pm. The unique characteristic of these materials that distin¬ 
guishes them from other glass microspheres is an interconnected porosity in the 
thin outer walls (which are 1-2 pm thick), which can be controlled on a scale of 
100 to 3,000 A . 7-10 It is the through-wall porosity, extending continuously from 
the outside to the inside of the microspheres, that creates unique and desirable 
properties (Fig. 35.2). The open channels can be used to fill the microballoons 
with materials of interest, providing a contained environment (Fig. 35.3). Other 
techniques can then be used to open and close the pores, and either chemical or 
mechanical techniques can be used to release the “payloads” on demand. This 
wall porosity can also be used to generate new nanostructures of materials of 
interest both outside the microspheres as well as within their contained cocoons. 

SRNL and the Georgia Health Sciences University have joined forces in 
an interdisciplinary collaboration to study the potential applicability of these 
unique materials for medical applications, in areas such as drug delivery and MRI 
contrast agents. 1112 To investigate the potential for drug delivery, we performed 
experiments using fluorescently-labeled macromolecules of various known 
dimensions, including dextrans, proteins, and nucleic acids. A large dextran, with 
an estimated diameter of about 14.4 nm, failed to enter the microspheres, whereas 
dextrans with a diameter of 6.0 nm or less were observed to enter the interior 
volume. Results suggest that the microsphere walls act as molecular sieves, 
admitting small molecules but excluding larger ones. Protein, RNA, and DNA 
studies are also consistent with this interpretation. 

Based on the ability to control the pores to release payload on demand, we 
expect to be able to load the microspheres with therapeutic molecules, such as 
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Figure 35.1. PW-HGMs and size distributions. 



Figure 35.2. (Left) schematic representation of PW-HGMs and through-wall porosity 
and (right) scanning electron microscopic view, showing surface view of interconnected 
porosity on PW-HGM walls. 


cytokines, antibodies, or small RNAs, and release them at the site where they are 
needed. We are currently exploring the potential applications of PW-HGMs in the 
area of regenerative medicine. It should be possible, for example, to load the 
microspheres with chemoattractant molecules, implant them in a tissue matrix, 
and use them to recruit mesenchymal stem cells. 
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Figure 35.3. SRNL microsphere filled with palladium (top of microballoon removed to 
view contents). 



(a) (b) (c) 


Figure 35.4. PW-HGMs were incubated with 70 kDa fluorescein-dextran and washed, 
(a) White light image, (b) Fluorescence image of same tube, (c) Visualization in a mouse. 
Mouse was anesthetized, laparotomized, liver was injected with 10, 30, and 50 pi boluses 
of beads, and mouse was immediately imaged for green fluorescence. Arrowhead denotes 
signal at injection site. Note also signal around periphery of liver, possibly following leak¬ 
age along injection track. 
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As a first step toward determining whether PW-HGMs could be used 
in vivo, we tested the ability to detect them using a small animal imaging system. 
We loaded PW-HGMs with fluorescently-labeled dextran, transferred them to a 
microcentrifuge tube, and performed imaging to measure the fluorescent signal. 
The method proved to be very sensitive, as evidenced by the ability to detect even 
very small droplets of PW-HGM slurry on the walls of the tube. We injected the 
same PW-HGMs into the liver of an anesthetized, laparotomized mouse 
(Fig. 35.4). The image shows clear localization at the site of injection, with some 
signal also around the periphery of the liver, possibly following leakage along the 
injection track. In experiments elsewhere, we have also shown the ability to detect 
PW-HGMs in situ following intratumoral injection. 11 
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Chapter 36 

MOLECULAR MODELING OF BIOACTIVE 
GLASSES AND REACTIONS 

Paul Robinson II and Larry L. Hench 

36.1. INTRODUCTION 

Understanding the interaction of proteins and cells with surfaces is one of 
the great challenges of biomaterials research. Molecular modeling of the interac¬ 
tion of surface sites with amino acids offers the potential to understand the effec¬ 
tiveness of binding of charged molecules with the material surface. West, Hench 
and colleagues used various levels of quantum mechanics-based semi-empirical 
molecular orbital (MO) models to attack this problem. The models are based 
upon the knowledge gained from surface chemical analyses of the bioactive glass 
surface, especially the early formation of a biologically active sol-gel derived 
silica and silanol-rich surface layer. 1 

36.2. MO MODELS OF SILICA 

The quantum mechanics-based molecular orbital models involved construct¬ 
ing silica ring and chain structures composed of silica tetrahedra bonded with siloxane 
(-Si-O-Si-) bonds. 1-5 The terminal oxygen atoms of the poly tetrahedra were charge 
saturated with silanols (-Si-OH), based on the findings from Fourier transform infra¬ 
red reflection spectroscopy (FTIR) studies of the bioactive glass surfaces. 1,4-6 

Results from the MO calculations showed energetically favorable reaction 
pathways for metastable states of penta-coordinated silicon in the reaction tetra¬ 
hedra that could bind with H 2 0 and also either carboxyl or amine sites on the 
amino acids used to model proteins. 1A7-U The findings led to a series of papers 
that describe an inorganic route to synthesis of polypeptide bonds. 12-14 These inor¬ 
ganic reaction pathways might be relevant in the activation of genes or modifica¬ 
tion of cell membrane proteins that control cell cycle, as described in Chapter 4. 

36.3. PROTEIN-SILICA INTERACTIONS 

An MO model was used by Lobel, West and Hench to understand the 
reaction pathways for diatoms to create hydrated silica frustules using the solu¬ 
ble silica in sea water. 13,14 Similar protein template-based reactions might have 
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been involved in the key genetic mutations associated with the role of soluble 
hydrated silica in biosilicification or onset of bone mineralization. 111 Latour 
and Hench continued these studies to understand details of proteins in the sur¬ 
face reactions of biomaterials. 810 The importance of fluorine ions in silica 
chemistry and silica-based glasses was also explored by Drs. Hayakawa and 
Hench. 15 

Ab initio (AI) calculations of similar silica molecular structures, published 
by Nedelec and Hench, confirmed the level of accuracy of the earlier semi- 
empirical MO models and provides some assurance that the conclusions from the 
MO models are valid. 16 

All of the above studies are described in detail along with new MO cal¬ 
culations in the review by Lobel, West and Hench. 11 The review includes: 
a comparison of various calculational chemistry methods for use in biomaterials 
research; examples of molecular modeling of calculated biomaterials reaction 
pathways; and new modeling results of molecular interactions of biological sili¬ 
con with protein and saccharides that have largely eluded experimental 
analysis. 

MO modeling of bioactive glass surfaces has been extended to fractal 
geometry. Fractals are a ubiquitous phenomenon found throughout nature. West, 
Mecholsky and Hench determined a structure parameter, a 0 , correlated with frac¬ 
ture geometry at the atomic level, e.g. the maximum strained diameter of silica 
rings in bioactive glasses. This structure parameter is directly proportional to the 
fracture energy and the fractal dimension. It is encouraging that the fractal dimen¬ 
sions determined from MO simulations of atomic silica glass and silicon single 
crystal surfaces were found to agree with macroscopic measurements from flex¬ 
ure specimens scaling 3-5 orders of madnitude. 17 

36.4. NEW MODELS AND RESULTS 

Modem computational modeling of bioactive glasses primarily focuses on 
the initial in vivo, five-step dissolution process of the glass network, described in 
Chapter 3, and the reactivity of the glass surface. The rapid formation of the sub¬ 
sequent bioactive hydroxyapaptite layer indicates a high level of bioactivity that 
ultimately depends on the rate of silica network dissolution and release of soluble 
silica products as either modified siloxane “fragments” or “polysiloxane chains” 
into the tissue environment. 18 ' 19 Reviews by Tilocca detail modern computer mod¬ 
eling of bioactive glasses that study the bioactivity as a function of surface dis¬ 
solution rates, composition and aqueous interaction. 18-20 


Molecular Modeling of Bioactive Glasses and Reactions 


513 


Classical molecular dynamics (MD) simulations have atomic resolutions 
of 0.1 nm for durations near 10 (is, but are often constrained in the melt- 
to-quench processing of bioactive glasses by several limitations: cooling rates 
are far too high for melt-to-quench simulations; 19 MD has a limited thermody¬ 
namic trajectory due to the uncertainty governing initial empirical potentials; 20 
MD can introduce fictitious long-range order caused by the replicated bounda¬ 
ries of the analysis window. 19 By contrast, AI simulations based on first princi¬ 
ples can simulate quantum interactions related to surface reactions and dynamic 
behavior in melts. Pure AI obviates the need for starter empirical potentials, yet 
at the cost of shorter run times (~40 ps) with relatively few atoms (100-300). 
The lack of long-range order in silicate glass heightens the complexity of the 
computational simulation approach, demanding the use of combined techniques 
of MD and AI (AI/MD). 19 Such a combination allows the atomic quantum 
behavior from AI to propagate from an initial molecular structure over shorter 
trajectories established by MD. 19 Researchers have investigated the bulk struc¬ 
tural effects in various Bioglass® compositions. 21,22 Models based on the AI/MD 
and Car-Parrinello techniques have been applied to study the hydration of glass 
surfaces in relation to their bioactivity. 19,23,24 Three principal parameters are 
analyzed in the simulated bioactive glass structure to assess bioactivity: the 
number of bonding oxygens (BO); the network connectivity (NC); and the dis¬ 
tribution of network-forming atoms (Q“), which can be indirectly measured by 
nuclear magnetic resonance (NMR). 20,21 The prevalence of Si-O-Si bonds adds 
rigidity to the silica network, reduces the critical dissolution processes at the 
glass surface and correspondingly reduces bioactivity. 22 Consequently, high 
values of BO, NC or Q n observed in simulation results imply a low 
bioactivity. 

Figure 36.1 depicts the compositional dependence of bioactivity for the 
four component bioactive glasses. Region B is glass compositions that do not 
exhibit bioactivity. Region C are compositions that rapidly dissolve in contact 
with water or body fluids. Region A is the compositional range of glasses that are 
osteoconductive and bond to bone; the central portion of Region A is the small 
compositional range of glasses that are most bioactive (Region S) and bond to 
both soft connective tissues as well as bone and give rise to rapid osteostimulation 
and bone regeneration, as discussed in Chapters 3 and 4. The center of Region S 
is the grandfather composition 45S5 Bioglass®. Even now, after hundreds of com¬ 
positions have been made and tested, the original 45S5 composition maintains the 
highest level of bioactivity of all known bioceramics. 1,25 Why? Modeling studies 
of bioactive glasses give insight to potential atomic interactions, which has led to 
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understanding the role of each chemical constituent in bioactivity. An update on 
the role of these constituents based on new simulations follows. 

36.5. ROLE OF SILICA 

Experiments have demonstrated a reduction in bioactivity of Bioglass® com¬ 
positions containing >60% Si0 2 . 25 Surface relaxations of silanols only slightly 
restore NC at the surface, which results in higher concentrations of orthosilicate 
tetrahedra on the surface compared to the bulk. These free silicate species are 
released in solution and interact with cells as part of the ionic dissolution products 
that have been shown to regulate genes and cell cycles that promote osteoblastic 
activity (see Chapter 4). 2(M8 Tilocca et al. used MD to compare the Q" distributions 
for compositions of known bioactivity from high (45% Si0 2 , S45), intermediate 
(55% Si0 2 , S55) and no bioactivity (65% Si0 2 , S65). 19 - 23 ' 24 This study confirmed an 
observed trend of decreasing bioactivity with increasing number of bonded network¬ 
forming Si atoms (high Q"). The model also considered the structural prevalence of 
silica chain fragments versus rings. Results suggest that a glass structure with a high 
fraction of silica chains is characteristic of highly bioactive surfaces, while a domi¬ 
nance of silica rings is indicative of a bioinactive surface. 18 ' 19 While experiments 
have confirmed that silica dissolution benefits cell growth (Chapter 4) the prolifera¬ 
tion and differentiation of osteoblasts on 70% SiO 2 -30% CaO binary foams con¬ 
firmed experimental findings that phosphorous is not necessary for bioactivity 1 and 
the silica concentration could be increased above 60% for sol-gel processed foams. 29 
Models and computer simulations of these binary foams would enhance our knowl¬ 
edge of the importance of Si/Ca concentration on bioactivity. 
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36.6. ROLE OF CALCIUM AND PHOSPHOROUS 

MD melt-to-quench simulations suggest that a larger Ca content increases 
rigidity in the phosphate structure. 30 In addition, Ca 2+ and P0 4 3- ions form nano¬ 
aggregates of calcium-phosphate rich regions at the surface that reduce bioactiv¬ 
ity. 22 ' 31 Although not strictly required, some introduction of P 2 0 5 has been 
experimentally found to enhance bioactivity. 1 ' 32 Tilocca and Cormack showed that 
increasing the P 2 O s fraction leads to repolymerization of the silica network. This 
increase in network connectivity supports why relatively high P 2 0 5 content 
(>10 mol%) reduces bioactivity. 22 ' 33 However, a small amount of P 2 O s has been 
observed to enhance bioactivity. This apparent contradiction may be explained by 
a higher fraction (82%) of orthophosphate groups prevalent in Class A glasses 
than other phosphate groups having higher BO bonds. 19,30 A higher proportion of 
free orthophosphates may yield higher release rates at the surface that accelerates 
bioactivity. 20 


36.7. ROLE OF SODIUM 

Since bioactivity depends on surface chemistry, recent MD trends have 
shifted focus of calculations to the glass surface interface with water. 20 One 
approach is to probe the water affinity of the silica network. Tilocca concludes 
that surface hydroxylation, Si network fragmentation, sodium content and free 
silica fragments have key influences on bioactivity. 19 Small-shell MD simulations 
of S45 and S65 composition suggest that Na + concentrations are high on the sur¬ 
face. 26 ' 34 Understanding the relationship between surface dissolution, ionic release 
and the triggering of osteogenic cellular processes is the next step in molecular 
simulations of bioactive surfaces. 35 


36.8. CONCLUSION 

Molecular simulations aid in the understanding of effects of constituents 
on the surface dissolution rates and subsequent bioactivity that assist in answer¬ 
ing questions such as: 

• What surface reactions dictate high bioactivity in the original 45S5 
composition? 

• What happens to the structure during a melt-to-quench cycle in wet environ¬ 
ments when the bioactive compositions vary? 


516 


An Introduction to Bioceramics 2nd Edition 


MO modeling applied to bioactive glasses has given insight to protein 
interactions on silica surfaces. Computational modeling of fractal geometry has 
related a materials parameter at the atomic level to the macroscopic geometry 
of fracture surfaces. AI/MD techniques have been used to model bioactive 
glasses in dry and wet environments. These modern computational approaches 
show the effects of Ca, P, Si and Na in bulk glass compositions and the relation 
to surface reactions at the quantum level. Advances in computational modeling 
may lead to future studies of more complex multi-component systems such as 
bioactive borate-based glasses, 36 better evaluate the influence of crystallization 
on bioactivity of new glass-ceramics 37 and guide research in designing novel 
bioactive compositions with controlled bioactivity specific to individual 
patients’ needs. 
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Chapter 37 

CHARACTERIZATION OF BIOCERAMICS 

Larry L. Hench 


37.1. INTRODUCTION 

The final form and properties required of a bioceramic depend upon the 
function served by the material as an implant (Chapter 1). The forms used 
include: powders, coatings and bulk shapes. The properties of interest for most 
implant applications are mechanical performance and surface chemical behav¬ 
ior. Control of properties requires control of each of the processing steps illus¬ 
trated in the top half of Fig. 37.1. (See Chapter 1 for a review of these processing 
steps.) In order to ensure that the required final properties are achieved prior to 
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Figure 37.1. The relationship between characterization features and products of ceramic 
processing steps. 
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implantation, it is essential to characterize the bioceramic. This chapter sum¬ 
marizes the concepts and instrumental methods involved in the characterization 
of a bioceramic. 

Characterization has been defined by the Materials Advisory Board of the 
National Research Council in the United States as: 

Characterization describes those features of the composition and structure (includ¬ 
ing defects) of a material that are significant for a particular preparation, study of 
properties, or use, and suffice for the reproduction of the material. 

Thus, to characterize a bioceramic it is necessary to evaluate its composi¬ 
tion, structure and surface sufficiently that the material and its properties can be 
reproduced. 1 

37.1.1. The Goal of Characterization is the Assurance 
of Reproducible Properties 

The bottom half of Fig. 37.1 illustrates the five major classes or features 
of characterization. They are: 

1) Chemical composition. 

2) Size, shape and surface of particulates. 

3) Phase state and structure. 

4) Microstructure. 

5) Surface. 

Information is required on all five features to achieve reproducibility of properties 
for a material and device. 

The arrows between the bottom and top half of Fig. 37.1 relate the char¬ 
acterization features, one of the five classes, to the appropriate output in the 
ceramic processing sequence. Two points are emphasized. First, each characteri¬ 
zation feature indicated can be quantitatively evaluated. Second, characterization 
is directed towards the output of the processing steps and not to the processing 
method itself. The same analytical techniques may be used to investigate pro¬ 
cessing variables, but that is not materials characterization. This is an important 
distinction, since different processing steps can lead to similar properties. 

To establish the physical origin of properties and ensure their reproducibil¬ 
ity it is necessary to determine the composition and structure of the product and 
not just the specifics of the manufacturing process used. Practically, it is essential 
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to control the reproducibility of processing to ensure reproducibility of product 
properties. 

37.1.2. Characterization is the Critical Step in Relating Processing 
to Properties 

The mechanical and surface properties important for biomedical applica¬ 
tions of ceramics depend upon all five characterization features shown in Fig. 37.1. 
Because bioceramics are used within the body, microstructural and surface charac¬ 
teristics are especially critical. The high chemical reactivity of body fluids, enzymes 
and cells can easily lead to the attack of grain boundaries, surfaces and interfaces 
between phases. Characterization of a material prior to exposure to in vitro and 
in vivo environments is essential if the results of such tests are to be understood and 
related to the potential long-term performance of the ceramic as an implant. 


37.2. STRATEGY OF A CHARACTERIZATION PROGRAM 

Many biomaterials have been tested in animals and even in people without 
adequate characterization. This is often because the developers of new biomateri¬ 
als are unaware of the importance of characterization. It may also be because of 
expense. A strategy is necessary to minimize costs but still ensure that sufficient 
tests are done. 

The steps in establishing a characterization strategy follow. 

1) Determine the analytical costs of various instrumental methods available for 
each of the five classes of characterization features shown in Fig. 37.1. 

2) Determine the level of accuracy required of the tests for each feature. 

3) Decide the statistical confidence level desired for the tests. 

4) Establish the number of samples required to achieve the desired confidence 
in reproducibility. 

5) Determine the relative importance of the five characterization features on the 
final properties desired. 

6) Determine relationships between properties and each of the characterization 
features. 

7) Based upon the results of steps 1-6, compute the economics of alternative 
analytical tests to achieve reproducibility of properties within the desired 
confidence levels. 

8) Select the least expensive test or combination of tests. 
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37.3. EXAMPLE OF A CHARACTERIZATION PROGRAM 

Let us consider as an example the characterization of a bioactive glass 
dental implant, 45S5 Bioglass® Endosseous Ridge Maintenance Implant (ERMI)®. 
The ERMI® is an FDA approved Class III device (Chapters 8, 38 and 39). The 
clinical use of the ERMI® is described in Chapter 8. The characterization pro¬ 
gram is described in terms of the five characterization features shown in 
Fig. 37.1. The tolerances given in the example are used only to illustrate the steps 
involved in establishing a characterization program. The actual tolerances 
imposed commercially by the manufacturer are company confidential. 

The property of most concern for the final product is its bioactivity; i.e., 
ability to bond to tissues. This is a surface chemical property. The mechanical 
requirements for the ERMI® are minimal since it is a buried implant (Chapter 8) 
and is subjected only to small compressive loads. The characterization strategy is 
therefore designed to ensure reproducible bioactivity of the ERMI®. 

37.3.1. Feature 1: Chemical Composition 

The nominal composition of the 45S5 glass is 45% SiO„ 24.5% Na 2 0, 
24.5% CaO, and 6% P 2 O s , all in weight percent. Extensive studies of composition 
versus implant behavior, discussed in Chapter 3, show that SiQ, content is the 
primary compositional variable that affects the rate of bonding and bioactivity of 
the implant. 

Animal experiments show that with compositions which vary from 42 to 
52% Si0 2 , the implant will bond to both bone and soft tissue. There is very little 
effect on bioactivity with variations in Na 2 0 or CaO content. P 2 0 5 content can 
also vary +2% with little effect on bioactivity. Consequently, analytical limits on 
the bulk composition of the implant can be set with tolerances of +1% for all 
four major chemical constituents. This level of compositional control is easy to 
achieve in glass processing. The tolerance of chemical analysis can be set at any 
value up to +0.5% and detect variations within the +1% control range. 
Automated analytical methods such as X-ray fluorescence, routinely used in the 
glass industry, are inexpensive and achieve this level of tolerance easily for Si, 
Na, Ca and P. 

In vivo studies, reviewed in Chapters 3 and 15, show that cation impurities 
with 3+, 4+, 5+ charges, such as Al 3+ or Ta 5+ , can inhibit formation of a hydroxy- 
carbonate apatite (HCA) layer on a glass and destroy bioactivity. The composi¬ 
tional limit for the impurities varies for each element but the effect becomes 
significant at concentrations >1%. Thus, a limit for total impurity content of 
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multivalent cations is set at 0.5%, which allows for a margin of analytical error. 
X-ray fluorescence analysis is also suitable for this measurement and it can be 
obtained at the same time as the bulk compositional analysis of a glass batch, 
thereby minimizing costs. 

37.3.2. Feature 2: Size, Shape and Surface of Particulate Solids 

The ERMI® can be made from either a raw glass batch or from glass frit. 
(A raw glass batch is a mixture of the constituent oxide powders which are melted 
in a crucible, refined, homogenized and cast into the final implant shape, follow¬ 
ing a schedule similar to that illustrated in Chapter 1.) A glass frit is an intermedi¬ 
ate processing step which produces large glass particles by quenching a molten 
batch of glass into water or onto a steel plate or rollers. The particles of a glass 
frit are either remelted and cast into a shape in a forming process or ground into 
a specific powder size for use in applications such as periodontal repair or hone 
augmentation, see Chapters 3 and 6-12. 

If a glass frit is used in processing it results in an additional, intermediate 
processing step, as indicated in the top half of Fig. 37.1. The frit can be analyzed 
for chemical composition (path A), remelted (path B) and cast into an implant 
(path C). Since no additional finishing is required, the implant can then be char¬ 
acterized for phase state and structure (path D), microstructure (path E) and sur¬ 
face behavior (path F). 

This sequence of processing-characterization steps has the advantage 
that chemical compositional analysis of a large batch of glass frit is less 
expensive than analysis of many small raw batches of glass. A disadvantage is 
the potential for pick-up of impurities during fritting-remelting operations. 
There is also the economic advantage that a composition that does not meet 
specifications will be detected before the costs of fabricating implants are 
incurred. 

The decision as to which combination of processing and characterization 
steps to follow is based upon relative economics and depends very much upon the 
scale of operations and the ability to control the cleanliness of each process step. 
The goal of characterization is to ensure that, whichever sequence is chosen, the 
results are the same and within the tolerance levels required for good manufactur¬ 
ing practices by regulatory agencies (Chapters 38 and 39). 

An advantage of the intermediate glass fritting step is that mixtures of 
compositions can be made and then formed into shapes and densified by sinter¬ 
ing or hotpressing. This is the sequence of processing followed in the manufac¬ 
ture of A/W glass-ceramic (Cerabone®), as described in Chapters 13 and 14. 
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The resulting glass-ceramic has a composite structure with superior mechanical 
properties and still retains bioactivity. 

A decision on which processing steps to use in making implants must be 
accompanied by a decision on characterization steps. The characterization strat¬ 
egy must be compatible with processing and vice versa. The costs of characteriza¬ 
tion are additional to processing costs and must not be excessive. 

37.3.3. Feature 3: Phase State and Structure 

The objective of this characterization step is to determine whether the 
implant is crystalline or amorphous. ERMI® implants are amorphous, glassy 
materials and crystals are undesirable because they can lead to heterogeneous 
surface reactions. Improper melting, casting or annealing can lead to crystalliza¬ 
tion (Chapter 1). Therefore, a characterization step is necessary to ensure that 
crystallization has not occurred. Several methods are available, including X-ray 
diffraction (XRD). The XRD spectrum (A) in Fig. 37.2 shows that a 45S5 
Bioglass® implant is amorphous; no diffraction peaks are present. There is only a 



Figure 37.2. XRD pattern of the surface of 45 wt% bioactive silica glass containing 
6 wt% P 2 0 5 after exposure to a simulated physiological solution for 10,100 and 1500 hours. 
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broad diffraction region, characteristic of the short range ordering of the silicate 
structure in glasses (Chapter 1). 

Crystals grown in glass due to processing problems are usually visible to 
the eye and the least expensive method of characterization is visual inspection by 
an optical microscope. 

Complex multi-phase, polycrystalline materials, such as bioactive glass- 
ceramics, require characterization of the type of each crystal phase present and 
the volume fraction of the crystal phases. A mixture of crystal phases and glassy 
matrix, such as in AAV glass-ceramic, requires an analysis capable of determining 
the volume fraction of the amorphous matrix. This is difficult, except by subtrac¬ 
tion; i.e., one must determine the crystal phase percentages by XRD or optical 
microscopy, then subtract from 100% to obtain the percent of glass present. 
Figure 37.3 shows an XRD spectrum of AAV glass ceramic with a mixture of 
apatite and wollastonite crystal phases. 



Figure 37.3. Thin film XRD patterns and FT-IR reflection spectra of the surface of 
AAV glass-ceramic exposed to simulated body fluid (K-9) for various times; a = apatite 
crystal phase, w = wollastonite crystal phase, g = glassy phase. Note the disappearance 
of the wollastonite phase as a surface layer of HCA grows. (Modified from Kokubo, T., 
Hayashi, T., Sakka, S., et al. (1987), “Surface Structure of Load-Bearing Bioactive glass- 
ceramic A-W” in Vincenzini, P. (ed.). Ceramics in Clinical Applications, Elsevier, 
Amsterdam, pp. 175-184.) 
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37.3.4. Feature 4: Microstructure 

This is one of the most important characterization features for bioceram¬ 
ics. Microstructure usually controls mechanical properties and can influence 
surface behavior due to the presence of phase boundaries, missing grains or 
inclusions. For example, the ASTM and ISO standards for alumina implants 
(Chapter 2) establish a limit of <7 pm on mean grain size. Quantitative micros¬ 
copy, using either optical or scanning electron microscopy (SEM), is the method 
usually used in analyzing microstructure. Characterization involves the determi¬ 
nation of size distribution of grains, size distribution and volume fraction of 
porosity, phase boundary area and connectivity of phases in a multiphase micro¬ 
structure. For details of the use of quantitative microscopy (also called stereol- 
ogy) to obtain these features, consult DeHoff. 2 

For a glass implant such as an ERMI, microstructure is not so important. 
Visual inspection is sufficient to ensure that inclusions or bubbles are absent. 
However, microstructural characterization of a multiphase glass-ceramic requires 
analysis of the size, volume fraction and distribution of each of the phases. This 
can be a big effort and is usually done with an image analyzing computer. In 
Chapters 13 and 16 micrographs of the complex microstructures present in mul¬ 
tiphase bioceramics are shown. A characterization program must establish which 
of the many microstructural features is most important in controlling the mechan¬ 
ical and surface properties of the material and concentrate the analysis on one or 
two features, otherwise costs become prohibitive. 

Microstructural characterization of a two-phase bioactive composite, such 
as polyethylene-HA (Chapter 16), is particularly important, since the volume 
fraction of the phase controls mechanical properties. The second phase must be 
dispersed homogeneously to be effective. A critical volume fraction of the bioac¬ 
tive phase is necessary for the composite to be bioactive. Thus, analysis of vol¬ 
ume fraction and distribution of the two phases are critical in a characterization 
program for composites. 


37.3.5. Feature 5: Surface Behavior 

The surface of a biomaterial becomes an interface with tissues upon 
implantation. Consequently, characterization of the surface features is of vital 
concern if an implant is to achieve reliable long-term behavior. There are many 
different surface analytical methods available. The most important problem is 
often the determination of which surface feature is relevant to the biological and 
biomechanical performance of an implant. Experiments are required to establish 
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the relationships between surface analysis and in vivo and in vitro behavior. Only 
after these relationships are known is it possible to decide on the characterization 
method(s) to use and the tolerances required to ensure reproducibility. 

The characterization of Bioglass® ERMI® dental implants is used to illus¬ 
trate surface analytical methods and how to decide on a characterization criterion. 
There are two approaches for analyzing the mechanisms and reactions at an 
implant surface. First, the constituents released into a test environment or sur¬ 
rounding tissues can be analyzed. The traditional wet chemical methods, such as 
atomic emission, absorption spectroscopy or inductively coupled plasma (ICP) 
chemical analysis, can be used to do this. See Adair and Casey for a summary of 
analytical methods available and their levels of tolerance. 3 

When bioactive glass implants are exposed in vivo or in vitro to solutions 
Na, Ca, Si and P, ions are released from the glass surface. The loss of cations is 
due to ion exchange with H+ and H 3 0+ ions from the solution. These reactions 
correspond to surface reaction Stages 1 and 2 discussed in Chapter 3. The 
decrease of P in the solution is due to the formation of an amorphous calcium- 
phosphate layer on the glass surface (Stage 4). Solution analysis, however, pro¬ 
vides no understanding of the changes occurring on the surface of the implant. 
For example, Stage 3-formation of the silica gel layer or Stage 5-crystallization 
of the HCA layer cannot be identified from solution analysis alone. 

A second approach, surface analysis of the material, is also required to deter¬ 
mine compositional gradients or phase changes taking place. Figure 37.4 summa¬ 
rizes the range of instrumental methods available for surface characterization. They 
can be classified into two groups: those sampling deep (up to 1.5 pm) into the sur¬ 
face and those that examine only the “outer surface” (0.5-5.0 nm) of the material. 
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Figure 37.4. Alternative methods for surface characterization of a bioactive implant, (a) 
Surface before reaction, reaction time = 0. (b) After one hour reaction, (c) After two hours 
reaction. Note the effect of instrumental sampling depth on the surface analysis. 
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Results from several of these methods applied to the surface characteriza¬ 
tion of bioactive glasses, ceramics and glass-ceramics follow. 

Figure 37.4 also summarizes the problem faced in characterizing the sur¬ 
face and interface of a bioactive ceramic. The composition and phases of the 
material change with time. Thus, analysis of the surface prior to implantation, 
Fig. 37.4a, may or may not be predictive of the interface of the material after 
implantation, illustrated in Figs 37.4b and 37.4c. The analytical methods chosen 
must be capable of following these kinetic changes in a reproducible manner. For 
a bioactive glass-ceramic or bioactive composite with multiple phases, the time- 
dependent changes of each phase need to be understood before a characterization 
program can be established. 

37.3.6. Infrared Reflection Spectroscopy (IRRS) 

This is one of the most versatile, rapid and cost-effective means of surface 
analysis, especially with the use of a Fourier transform IR (FTIR) spectrometer. 4 
As shown in Fig. 37.4, IRRS examines the surface of a glass or ceramic to a depth 
of approximately 0.5 pm, depending upon the index of refraction and density of 
the surface layer. It is non-destructive, requires no vacuum or sample preparation 
and is applicable to samples of any dimension, even those with curvature. An 
implant can be analyzed before and after in vitro or in vivo testing. 

An FTIR can be used in either specular reflection or diffuse reflection 
mode, as discussed by LaTorre and Hench. 4 The diffuse mode is particularly use¬ 
ful when there is considerable scattering from surface reaction layers. Analysis of 
powders requires use of a diffuse scattering stage. 

The IRRS method gives quantitative information of the chemical composi¬ 
tion of the surface since it is sensitive to the vibrational modes which are charac¬ 
teristic for each molecular constituent of the material. Since Si-O-Si bonds differ 
in energy from Si-O-Na or Si-O-Ca bonds, their vibrational frequencies are dif¬ 
ferent. Changes in these vibrations can be detected when the surface composition 
is altered by chemical reaction with a solution, as illustrated in Fig. 37.3 for AAV 
bioactive glass-ceramic. Thus, the kinetics of surface compositional change can 
be followed with IRRS. Details are discussed in Chapters 3 and 13. 

An FTIR surface analysis can also detect phase changes occurring within 
a surface layer. The crystallization of an HCA layer on a bioactive glass surface 
is apparent in Fig. 37.5. The single P-0 mode of the amorphous calcium phos¬ 
phate layer (surface reaction Stage 4, discussed in Chapter 3) is transformed into 
two separate P-O modes when the apatite crystals are formed. Eventually three 
P-0 modes characteristic of well-developed apatite crystals are observed, as 
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Figure 37.5. FTIR diffusion reflection spectra of a 45S5 bioactive glass before reaction 
(0 hrs) and after 1 hr and 2 hr reaction in simulated body fluid. Note the formation of 
amorphous calcium phosphate at one hour and HCA at two hours. 


shown in Fig. 37.5, after longer times. 5 The crystalline HCA layer is also 
detected with XRD, as shown in Fig. 37.2. Because of its versatility and speed, 
the diffuse reflection FTIR method can be used as a quantitative quality assur¬ 
ance test method with either bulk samples, such as the ERMI dental implant, or 
powders. 
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Infrared microscopy combines optical microscopy with IR spectroscopy, 
which makes it useful for analysis of surface features, surface profiles and micro- 
structural features. This method is described in the LaTorre and Hench article and 
applied to the analysis of a bioactive glass-bone interface. 4 

Fourier transform Raman spectroscopy (FT-Raman) can also be used for 
the analysis of surfaces before and after reaction. It is a method with very high 
resolution and is especially sensitive to the extent of crystallization of the surface. 
The Raman modes arise from molecular vibrations of the surface but electron 
transitions involved are different than IR modes, which yield complementary 
information on the composition and phase state of the surface layers. 


37.3.7. Scanning Electron Microscopy (SEM) with Energy 
Dispersive X-ray Spectroscopy (EDS) 

SEM-EDS is a rapid characterization method for surfaces and interfaces 
and it is probably the most widely-used instrument for this purpose. It must be 
remembered that there is a deep sampling depth of several pm (Fig. 37.4) for this 
method. The important advantage of the SEM method is that microstructural and 
surface features can be observed and their dimensions and area fraction meas¬ 
ured. The composition of the surface and microstructural features can then be 
analyzed chemically with EDS. The size of the electron beam can be modified 
and the area analyzed varied. A characterization program must experimentally 
establish a standard sampling area and standards for the analytical results, with 
appropriate calibrations, in order for the data to be quantitative. 

Figure 37.6 shows SEM-EDS results from the interface between a 45S5 
Bioglass® implant and a rat tibia, bonded for 30 days. Areas 1 and 2 show a large 
Si signal from the silica-rich layer formed on the glass. Areas 3 and 4 are from 
the calcium phosphate-rich layer and bone, respectively. 


37.3.8. Electron Microprobe Analysis (EMP) 

This electron beam method is excellent for determining the thickness and 
compositional gradient of reaction layers formed on bioceramic implants. Figure 37.7 
illustrates the type of data obtained for a 45S5 Bioglass® bone interface. The intensity 
of the X-ray signal for each element (which is proportional to composition) is plotted 
as a function of distance across the interface. Moving from the surface of the implant 
to the bone, there is a large increase in concentration of Si due to the formation of a 
repolymerized Si0 2 layer on the glass. The thickness of this layer is about 80 pm. 
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Figure 37.6. SEM-energy-dispersive X-ray analysis of the interface between a 45S5 
Bioglass® implant and a rat tibia, bonded one month. Areas 1 and 2 show a large signal 
from the silica-rich layer formed on the glass. Areas 3 and 4 are from the calcium phos¬ 
phate-rich fdm and bone, respectively. 


Next, there is a gradual decrease in the Si signal accompanying a progressive increase 
in Ca and P intensity as the electron beam traverses the HCA layer grown on the glass. 
The thickness of the HCA layer is about 20 pm. The Ca and P signals then drop to a 
constant value characteristic of bone mineral. The dashed line in Fig. 37.7 is the 
Vickers hardness gradient across the interface. 

Determining interfacial compositional profiles, such as shown in 
Fig. 37.7, is essential in understanding the behavior and in vivo performance of 
a bioactive implant, but is not desired for characterization of an implant. The 
objective of characterization of the surface is to ensure that a profile such as in 
Fig. 37.7 will be routinely obtained without having to perform 30-180-day tests 
in animals. 


37.3.9. Auger Electron Spectroscopy (AES) 

As shown in Fig. 37.4, AES examines the outermost surface of a material 
with a resolution on the scale of 0.1 nm. AES combined with Ar ion milting, 
which removes 1 to 50 A slices of a surface between AES analysis, is one of the 
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Figure 37.7. Compositional profile across a rat tibia-bioactive glass (45S5) interface 
after one year. Obtained with electron beam microprobe. Dashed line is Vickers hardness 
gradient across the interface. 


most accurate methods for determining compositional gradients within the outer¬ 
most layers of a bioceramic. 7 Figure 37.8 illustrates a compositional profile of a 
45S5 Bioglass® implant removed from a rat bone after only one hour of implanta¬ 
tion. The SiO,-rich layer and CaP-rich layer have already developed within this 
short reaction time. C and N signals from adsorbed biological constituents are 
also detected within the interfacial reaction layers. This result is especially impor¬ 
tant from the standpoint of surface characterization because it means that the 
kinetics of formation of the surface reaction layers on the implant is the most 
important feature of the material. 


37.3.10. Secondary Ion Mass Spectroscopy (SIMS) 

This method also involves the removal of surface layers of the material, 
atom by atom, and the measurement of the concentration of the atoms removed 
with a mass spectrometer. It yields a very accurate compositional profile includ¬ 
ing many elements. The instrument is expensive and requires considerable 
expertise in its operation but produces the best overall results for complex 
interfaces. 
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Figure 37.8. Surface compositional profile of bioactive glass (45S5 Bioglass®) obtained 
with AES and Ar-ion beam milling after one hour exposure to rat bone. 


37.3.11. Surface Charge Analysis 

The surface charge of a bioceramic influences the adsorption of proteins 
and other biological constituents and affects the response of tissues in contact 
with it. The sign and magnitude of surface charge are determined by the composi¬ 
tion of the material, the crystal phases in the material, the defects in crystalline 
phases and the pH of the solution in contact with the material. A material will 
have a zero point of charge (ZPC) at a particular pH where surface positive 
charges balance surface negative charges. At pH values above this point, also 
known as the isoelectric point (IEP), the material will exhibit a positive charge. 
At pH values below the IEP the material will exhibit a negative charge. The pH 
of body fluids is acidic, <7, during wound healing, slightly alkaline, 7.4, in nor¬ 
mal conditions, and alkaline, >7.4, during bone mineralization. Thus, it is impor¬ 
tant that bioceramics used in bone repair have surface charges compatible with 
the range of solution pH occurring during the heahng and mineralization of bone. 

One of the most useful methods for determining surface charges of bioce¬ 
ramics is a zeta potential measurement. Ducheyne and coworkers discuss this 
method and its use in characterizing the behavior of various calcium phosphate 
ceramics. 8 They have shown that the cationic defect structure of stoichiometric 
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and Ca-deficient hydroxyapatite has a large effect on the surface charge of the 
materials. They also show that the magnitude and duration of the changes in zeta 
potential of the apatites are related to an ion exchange between the hydrated layer 
around the ceramic surface and a net precipitation of new material. The zeta 
potential method should be considered as a characterization method for calcium 
phosphate ceramics to determine the relative effect of defect structures on surface 
properties. 

37.3.12. The Decision 

Deciding on a specific test or combination of tests is difficult but must be 
done. As discussed in Chapter 3, experiments established that the critical step in 
the reaction stages of a bioactive glass implant is formation of the HCA layer. The 
tissue response correlates directly with the time of HCA formation. Thus, the 
critical characterization test is the determination of the time of HCA formation. 
As described above, many different analytical methods can be used to show 
development of an HCA layer on the glass: XRD, FTIR, FT-Raman, SEM-EDS, 
EMP, AES and SIMS. Which one should be chosen? 

Step 7 in “Development of a Characterization Strategy” states that the deci¬ 
sion on test(s) to be used should be based upon relative economics, without sacrifice 
of accuracy. Economic analysis of the alternative methods listed above requires taking 
into account a number of factors: time of analysis, time and cost of sample prepara¬ 
tion, cost of analysis, cost of instrument, maintenance costs, operator costs, operator 
skill, reproducibility with different operators, and availability of instrument. 

When these factors are taken into consideration, the favored characteriza¬ 
tion method for bioactive glasses is FTIR analysis, before and after an in vitro test 
simulation of the physiological environment. The characterization requirement is 
that the glass develops a fully crystallized HCA reaction layer within a specified 
period of time, for example 20 hours, when exposed to a simulated body fluid 
(SBF) at 37°C. 

The SBF chosen for the characterization program was based upon experi¬ 
ment. Kokubo and coworkers 9 showed that the in vitro behavior of AAV glass- 
ceramic most closely matched in vivo behavior when the material was tested in the 
SBF composition fisted in Table 37.1. This composition was based upon analysis 
of human body fluids, previously reported, 10 and includes important constituents, 
such as soluble calcium, phosphate ions and carbonate ions. The chemicals used in 
making up the SBF solution are given in Table 37.2, courtesy of Professor Kokubo. 

Comparative studies of various bioactive glass compositions and SBF 
solutions, summarized in Chapter 3, showed that the rate of HCA formation on 
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Table 37.1. Ion Concentration (mM) of SBF and Human Blood Plasma. 


Ion 

Simulated Fluid 

Blood Plasma 

Na + 

142.0 

142.0 

K + 

5.0 

5.0 

Mg 2+ 

1.5 

1.5 

Ca 2+ 

2.5 

2.5 

Cl 

147.8 

103.0 

HC0 3 - 

4.2 

27.0 

hpo 4 2 - 

1.0 

1.0 

SO. 2 - 

0.5 

0.5 



Table 37.2. Reagents for Preparing SBF#9. 

Order 

Reagent 

Purity 

Amount 

1 

NaCl 

For Biological work 

7.996g 

2 

NaHC0 3 

Certified A.C.S. 

0.350g 

3 

KC1 

Certified A.C.S. 

0.224g 

4 

K 2 HPO 4 -3H20 

99+% 

0.228g 

5 

MgCl 2 -6H20 

Assay 99.7% 

0.305g 

6 

1N-HC1 


40 ml (about 90% of total amount 
of HC1 to be added) 

7 

CaCl 2 

Assay 99.6% 

0.278g 

8 

Na 2 S0 4 

Certified A.C.S. 

0.07 lg 

9 

3 

NH 2 C(CH 2 OH) 

Assay 100.1% 

6.057g 


many bioactive glasses exposed to the solutions given in Table 37.1 correlates 
well with in vivo results. 

Thus, the critical surface characterization test for a bioactive glass is the 
time taken for HCA formation when exposed to SBF K-9 at 37°C. 


37.4. CONCLUSION 

This chapter shows that it is necessary to characterize many different fea¬ 
tures of an implant in order to determine which is critical to achieve reproducibil¬ 
ity. After the critical characterization feature(s) are determined, it is necessary to 
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establish the tolerances needed for reproducible performance. Then it is possible 
to compare relative economics of the methods suitable for characterization. A 
systematic effort is required to develop a cost-effective set of tests that guarantee 
reproducibility. It is time consuming to follow such a systematic test program but 
the eventual savings and reliability are worth it in the end. Regulatory requirements 
are fulfilled by achieving such reliability and reproducibility (Chapters 38 and 39). 


REFERENCES 

1. Hench, L.L. and Gould, R.W. (eds) (1971). Characterization of Ceramics, 
Marcel Dekker, New York. 

2. DeHoff, R.T. (1968). “Curvature and the Topological Properites of 
Interconnected Phases”, in DeHoff, R.T. and Rhines, F.N. (eds), Quantitative 
Microscopy, McGraw-Hill, New York, pp. 291-324. 

3. Adair, J.H. and Casey, J.A. (eds) (1993). Characterization Methods for the 
Solid-Solution Interface in Ceramic Systems, American Ceramic Society, 
Westerville, OH. 

4. LaTorre, G. and Hench, L.L. (1993). “Analysis of Bioactive Glass Interfacial 
Reactions Using Fourier Transform Infrared Reflection Spectroscopy”, in 
Adair, J.H. and Casey, J.A. (eds), Characterization Methods for the Solid- 
Solution Interface in Ceramic Systems, American Ceramic Soc., Westerville, 
OH, pp. 177-195. 

5. Andersson, O.H., LaTorre, G. and Hench, L.L. (1992). “The Ki netics of 
Bioactive Ceramics, Part II: Surface Reactions of Three Bioactive Glasses”, 
in J. Hulbert, E. and Hulbert, S.F. (eds). Bioceramics, Vol. 3, Rose-Hulman 
Institute of Technology, Terre Haute, IN, pp. 46-53. 

6. Hench, L.L., Andersson, O.A. and LaTorre, G.P. (1991). “The Kinetics of 
Bioactive Ceramics, Part III: Surface Reactions for Bioactive Glasses Compared 
with an Inactive Glass”, in Bonfield, W., Hastings, G.W. and Tanner, K.E. (eds), 
Bioceramics, Vol. 4, Butterworth-Heinemann Ltd., Guildford, pp. 155-162. 

7. Hench, L.L. and Clark, D.E. (1982). “Surface Analysis of Glasses”, in 
Casper, L.A. and Powell, D.J. (eds). Industrial Applications of Surface 
Analysis, American Chemical Society, Columbus, OH, pp. 204-228. 

8. Ducheyne, P., Kim, C.S. and Pollack, S.R. (1992). The Effect of Phase 
Differences on the Time Dependent Variation of the Zeta Potential of 
Hydroxyapatite, J. Biomed. Mater. Res., 26, 147-168. 


Characterization of Bioceramics 


539 


9. Kokubo, T., Kushitani, H., Sakka, S. et al. (1990). Solutions Able to 
Reproduce In Vivo Surface-Structure Changes in Bioactive Glass-Ceramic 
A-W, J. BiomecL. I Mater. Res., 24, 721-734. 

10. Gamble, J. (1967). Chemical Anatomy, Physiology and Pathology of 
Extracellular Fluid, 6th Edition, Harvard University Press, Cambridge, MA. 


Chapter 38 

REGULATION OF MEDICAL DEVICES: 
HISTORICAL 

Emanuel Horowitz and Edward Mueller 

Editor’s Note: This chapter is an abbreviated version of Chapter 19 of the first 
edition of An Introduction to Bioceramics emphasizing the historical needs and 
approaches taken to ensure safety and efficacy of medical devices and the bioma¬ 
terials used to make them. Numerous changes have taken place during the last 20 
years regarding the regulation of medical devices. The following chapter by Dr. 
David Greenspan summarizes the current status of medical device regulation and 
provides websites for details regarding obtaining FDA and EU clearance that are 
beyond the scope of this textbook. 


38.1. INTRODUCTION 

The government regulation of medical devices and biomaterials is a com¬ 
plex and difficult task. Regulations should be effective in protecting patients from 
undue risk without discouraging technical innovations and development. 
A renowned surgeon. Dr. Dwight Harken, often stated that “A device is safe when 
it is safer than the disease it corrects and is the best available”. Dr. Harken’s words 
illustrate what must be at the heart of a good regulatory system, i.e. a capability 
of assessing risk-to-benefit ratios. It is important to characterize unambiguously 
product performance and to be able to assess risks and benefits in a comparable 
and defensible fashion. To do this requires a strong interplay between all areas of 
science, engineering, and medicine and most importantly an understanding, by 
the public, that regulations do not create new knowledge but instead coordinate 
existing knowledge. Because a product has been assessed in a regulatory sense 
does not mean it will never fail to perform. 

In this chapter, a brief review of the Food and Drug Administration’s 
(FDA) regulation of medical devices is provided. This review will discuss the 
revision to the Medical Devices Act and will discuss initiatives the Food and Drug 
Administration Center for Devices and Radiological Health (FDA/CDRH) con¬ 
sidered to facilitate and improve the review process. A section is devoted to the 
role of standards and shows how they play an increasingly important role. 
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38.2. THE BEGINNING OF REGULATION: PRE-FOOD, 

DRUG AND COSMETICS ACT (1938) 

Prior to 1938 and the passage of the Food, Drug and Cosmetics Act, the 
federal government had limited power to regulate unsafe practices and protect the 
health and safety of the public. The FDA, which was established in 1930, had 
evolved from the Food, Drug and Insecticide Administration, which was formed 
in 1927. In 1937 an elixir of sulfanilamide containing a poisonous solvent was 
marketed, resulting in the death of 107 people, mostly children. This incident 
dramatized the need for new legislation designed to protect the public. The fol¬ 
lowing year, Congress passed the Federal Food, Drug and Cosmetics Act of 1938. 

38.2.1. The Food, Drug and Cosmetics Act of 1938 

The Act of 1938 authorized the FDA to regulate medical devices by estab¬ 
lishing requirements for their safety. In addition, it defined a medical device as 
any instrument, apparatus, or contrivance, including any and all components or 
parts, that were intended for use in the diagnosis, cure, treatment or prevention 
of disease in man or in other animals. 

Regulations were established to control misbranded or adulterated medical 
devices which were involved in interstate commerce. Misbranding meant that the 
labeling was incorrect or misleading or it did not properly identify the manufac¬ 
turer, packager, or distributor or provide information on the quantity of the con¬ 
tents of the package. Adulteration included devices which were dirty and/or were 
prepared or packaged under unsanitary conditions. 

The 1938 legislation lacked true effectiveness because, unlike drugs, it did 
not require premarket clearance for medical devices which were involved in inter¬ 
state commerce. This meant that medical devices could be marketed before being 
cleared by the federal government in accordance with accepted clearance proce¬ 
dures. During the period that this law was in effect the FDA was limited to enforc¬ 
ing labeling provisions and removing fraudulent medical devices from the 
marketplace. 

The medical advances in science and engineering during the 1940s and 
1950s impacted strongly on medical technology. New materials made of poly¬ 
mers, metals, alloys, and ceramics were introduced and found application in 
newly designed medical devices, while advances in electronics led to the develop¬ 
ment of entirely new and more complicated medical systems. As the number of 
medical devices and implants being used on patients increased, particularly in 
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applications which involved life-saving or life sustaining treatment, the number 
of adverse reactions and failures grew. It soon became clear that the provisions of 
the Act of 1938, drafted to protect the public from unsafe or ineffective devices, 
was inadequate. This led to the confusing situation where some courts of law 
ruled that certain medical devices could be treated as drugs and regulated accord¬ 
ingly. It was clear that new and more effective legislation was necessary. 

38.2.2. The Medical Device Amendments of 1976 

In 1969 president Richard Nixon appointed Dr. Theodore Cooper, the 
Director of the National Institutes of Health’s National Heart Institute, to chair a 
presidential commission, later known as the Cooper Committee, to study the need 
for increased federal regulation of medical devices. 1 The Cooper Committee 
found that problems traceable to medical devices had caused about 10,000 inju¬ 
ries and more than 700 deaths over a 10-year period. Their findings and recom¬ 
mendations spurred the passage of the Medical Devices Amendments of 1976, 2 
which became law on May 28, 1976. The FDA now had the legal authority to 
regulate medical devices, especially with regard to their labeling, marketing, 
manufacture, processing, distribution, and use. A sharp distinction was drawn 
between medical devices and drugs. Those products that are not metabolized or 
are not dependent on being metabolized in order to achieve their intended purpose 
were to be regulated as devices and not drugs. Furthermore, the 1976 definition 
of a device was somewhat expanded and encompassed instruments, apparatus, 
implements, machines, contrivances, implants, in vitro reagents, or other similar 
or related articles. It included any component or part which was used in the diag¬ 
nosis of disease or other conditions, or in the cure, mitigation, treatment, or pre¬ 
vention of disease in man or other animals. Actions which were prohibited under 
the law included adulteration and misbranding of devices destined for interstate 
commerce. 

The medical device types covered by the legislation of 1976 numbered 
about 1,700 and were categorized in the following ways: 

• over-the-counter devices which did not require a prescription; 

• prescription devices; 

• investigational devices which were in the development phase and could be 
used on humans only to obtain safety and effectiveness data; and 

• custom devices which met the special needs and requirements of an indi¬ 
vidual patient. 


544 


An Introduction to Bioceramics 2nd Edition 


Also included were critical devices which were defined in the Good 
Manufacturing Practice Regulation (GMP) as devices which were life supporting 
or life sustaining. 

38.2.3. The Safe Medical Devices Act (SMDA) of 1990 

The Act of 1990 3,4 provided new enforcement authority for the FDA, to 
strengthen the ability of the agency to regulate medical devices and prevent the 
use of unsafe and ineffective products. The law also modified the classification 
and reclassification of medical devices and, in turn, affected the premarket noti¬ 
fication and premarket approval procedures. It also changed the good manufactur¬ 
ing practices requirements. Most significantly, the new law provided the FDA 
with a much broader authority to collect data and monitor devices after they have 
been cleared for marketing. Some of these new authorities, briefly discussed 
below, include user reporting, tracking, post marketing surveillance, special con¬ 
trols and standards, and revisions to premarket notification 510(k) and premarket 
approval (PMA) requirements. 


38.2.3.1. User Reporting 

When a medical device fails in service and causes death or serious injury, 
user facilities, which include hospitals, nursing homes, outpatient treatment and 
surgical facilities, are required to report such cases to the manufacturer and, in 
cases of death, to the FDA. User facilities must submit a semiannual report to the 
FDA which summarizes their reports of such incidents. This user reporting provi¬ 
sion is an extension of the existing mandatory device reporting regulation, which 
required manufacturers to report death and serious injury information to the FDA. 


38.2.3.2. Tracking 

Manufacturers of certain high-risk medical devices are required to estab¬ 
lish a method for tracking their products whose failure would jeopardize the heath 
of the patient. For life-sustaining medical devices, used outside a user facility, and 
some kinds of permanent implants, the new regulations require that the device 
manufacturer establishes a system for identifying and locating a device at any 
given time. 

All device manufacturers must report any removals or corrective actions 
taken to reduce the risk to the patient’s health or remedy a violation of a medical 
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device requirement. This requirement is intended to facilitate recall and notifica¬ 
tion provisions of the medical device law. 


38.2.3.3. Post-Market Surveillance 

The post-market surveillance study provisions of the Act are probably the 
most far reaching and immediate for devices manufactured from new materials. 
Two types of studies are outlined in the new law: mandatory and discretionary. 
Manufacturers of permanent implant devices and life-sustaining and life-support¬ 
ing devices which are brought to market after January 1, 1991 are required to 
conduct post-market studies of the performance of their products. In addition, the 
FDA may require the manufacturer of any device to initiate such a study of its 
performance, regardless of when the device was first marketed. The Congress’ 
intention for these studies is expansion of the information available on the perfor¬ 
mance of the device over a larger population and for a longer period of time, 
beyond that gathered during the premarket testing. The FDA will probably define 
the aspects of the device that are to be studied, e.g. specific populations may be 
targeted for study as “high risk” with the use of a new material, the qualifications 
of the principal investigator, and the characteristics of an acceptable study. The 
study protocol and the qualifications of the principal investigator require FDA 
approval prior to initiation of the study. 


38.2.3.4. Special Controls 

The 1990 Act redefines Class II to include any device which, by applica¬ 
tion of special controls, can be considered to be safe and effective. The classifica¬ 
tion and explanation of medical devices in Class I, Class II, and Class III are 
discussed later in this chapter. Special controls may include performance stand¬ 
ards, post-market surveillance and patient registries. Furthermore, the procedures 
for establishing performance standards are simplified. 


38.2.3.5. 510(k)/PMA revisions 

The reclassification of Class III provisions for pre-amendment devices 
requires that manufacturers submit to the FDA, upon request, a summary of infor¬ 
mation known to them about their devices, including any adverse safety and 
effectiveness data. Then the FDA will decide whether such devices will remain in 
Class III or be down-classified into Class II or Class I. 
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With regard to 510(k) devices, the manufacturer is obliged to submit to the 
FDA with the pre-market notification, or make available, a summary statement 
containing safety and effectiveness information and data upon which an evalua¬ 
tion of the device may be performed. Some new provisions have been introduced 
on information required with regard to pre-market approval applications which 
support the safety and effectiveness claim. The requirements and time constraints 
are quite involved and those interested in these requirements should refer to the 
PMA paragraphs in the law or consult the FDA. 

38.2.4. Future Directions 

An important focus of the FDA’s future activities in medical devices is risk 
assessment. There is a great need in the device area to weigh a product’s risks 
against its benefits. In some cases the calculation is reasonably straightforward, 
e.g. comparing the morbidity and mortality of a damaged heart valve with the use 
of a prosthetic valve. For many other devices, the relationship is more convoluted. 
How does one measure the benefits of a breast implant? How does one measure the 
risks of a material like silicone gel or oil, when its basic toxicology and pharmacoki¬ 
netics are still uncertain? Straightforward or convoluted, the process is difficult. 

To confound the issue, societal messages associated with risk assessment are 
mixed and inconsistent. Many people have been led to believe that no amount of risk 
from a medical product is acceptable, and that the government’s role is to guarantee 
that the products it regulates are absolutely safe. That view is considered unrealistic, 
and greatly hampers the ability to communicate effectively about risk/benefit issues. 

With regards to biomaterials and risk/benefit decision making, the FDA needs 
a systematic means for evaluating/comparing clinical performance against in vitro 
assessments of material and device characteristics and properties. As in medicine, 
biomaterials biocompatibility assessments are not absolute measurements but are 
very much comparative evaluations. Imperative in such an approach is the use of 
consistent (standardized) methods of evaluation and a common knowledge base. 

A direction the FDA is currently exploring involves development of a com¬ 
pendium of knowledge about the performance and potential risks of specific bio¬ 
materials in specific environments — a biomaterials database. Such a compendium 
could be a resource for both manufacturers and government, particularly to stream¬ 
line and improve the quality of the product approval process. Conceptually, this 
compendium could be compared to the drug master file used by drug manufactur¬ 
ers to develop “me too” pharmaceuticals with reduced testing requirements. 

For example, if a new product were manufactured from a certain formula¬ 
tion of a material, using a manufacturing process comparable with that listed in 
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the compendium, the requirements for pre-clinical testing may he reduced or 
waived. Such a system could eventually become an integral part of internation¬ 
ally-harmonized procedures for pre-market approval. As currently envisioned, 
this compendium would be a series of networked databases, as opposed to a 
single comprehensive database. 

A second project proposed by the FDA, as part of the U.S. government’s 
Advanced Materials and Processing Program (AMPP), involves the development of 
a systematic way to retrieve and study explanted devices on a national level. The 
proposal, planned to begin in 1994, involves close interactions with university medi¬ 
cal centers, professional societies, industry, and standards organizations to establish 
research protocols and a uniform system for collecting, storing, and analyzing 
information about the fate of implanted devices in the body. This kind of informa¬ 
tion, if widely disseminated and shared, would be valuable to new materials and 
device research, development, and sound regulation. The explant/retrieval database 
would be one of the networked databases in the above mentioned compendium. 

A third area the FDA has been working on is the definition of types of 
research needed to evaluate effectively product risks and benefits. In 1990, the 
FDA published a document entitled “Research Agenda for the 1990s”, 5 which 
attempted to address these issues. This document, which is currently being 
updated, has been circulated widely in an attempt to stimulate needed research. 
See Reference 6 for additional discussion of this subject. 6 
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Chapter 39 

REGULATION OF MEDICAL DEVICES: 
CURRENT STATUS 

David C. Greenspan 

39.1. INTRODUCTION 

The regulation of medical devices, like medical devices themselves, has 
evolved and grown more sophisticated over the past 25 years and will likely 
continue to evolve. Whereas medical devices of 20 and 30 years ago were 
either metals, polymers or ceramics, devices now contain combinations of 
materials, nanoparticles, cells and biological molecules. This makes the regu¬ 
lation of medical devices a complex and often a difficult process. The basic 
premise of the regulatory function is to ensure that medical devices are safe 
and efficacious for the patient while, at the same time, allowing for new and 
improved treatments and therapies to enter the market. The product develop¬ 
ment processes for medical devices, as for most other technologies, have also 
grown more sophisticated during the past 25 years. Concepts such as design 
control and risk management, which were always a part of a product develop¬ 
ment process, have now become more formally integrated into the early stages 
of the development of medical devices as well as the later stages of the regula¬ 
tory process. These changes have brought about the more formal use of vol¬ 
untary standards in the development and regulation of medical devices. 
Another major factor in the regulation of medical devices is the globalization 
of the medical device market and the attempts to harmonize these very com¬ 
plex regulatory processes, including the very important clinical trials 
process. 

This chapter will briefly review the regulatory process, focusing on the 
Food and Drug Administration (FDA) procedures and the Medical Device 
Regulations promulgated by the European Union (EU). The role of design con¬ 
trol and risk management in the regulatory processes will also be discussed, as 
will the role of voluntary standards in gaining regulatory approvals. While it is 
beyond the scope of this chapter to go into any great detail on any of the aspects 
of regulatory systems, it is hoped that the information presented can be a gen¬ 
eral guideline for the approach to gaining regulatory clearance of medical 
devices. 
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39.2. A BRIEF HISTORICAL PERSPECTIVE 
OF MEDICAL DEVICE REGULATION 

While it is not strictly necessary to delve into the history of how the medi¬ 
cal device regulations came about, it is instructive to learn that these government 
regulations all stem from the need to protect the health and safety of the public. 
The U.S. and Europe have been the two major medical device markets to date, 
although in recent years Asian markets have grown substantially. Therefore, this 
section will deal mostly with U.S. and EU device regulations. 

Prior to the enactment of the Food, Drug and Cosmetic Act of 1938, the 
FDA in the U.S. had limited powers to provide for the safety of the general public 
(see Chapter 38). It was an event in 1937 (the deaths of over 100 children due to 
a contaminated elixir) that led to the passage of the legislation strengthening the 
FDA’s ability to ensure the safety of drugs. 1 This legislation, for the first time, set 
a definition for a medical device. Medical devices were defined as: any instru¬ 
ment, apparatus, or contrivance, including any and all components or parts that 
are intended for use in the diagnosis, cure, treatment or prevention of disease in 
man or in other animals. It also authorized the FDA to set requirements for insur¬ 
ing the safety of medical devices. It also established requirements for labeling as 
a way of controlling misbranding or adulterating medical devices and drugs. 
However, this legislation lacked true effectiveness (in hindsight) since it did not 
require that medical devices have premarket clearance as drugs did. Thus, the 
regulations were essentially limited to regulating the labeling of medical devices. 

In the late 1960s, with the rapid growth in the medical device industry, a 
presidential committee 2 was formed to investigate the need for increased federal 
regulation of medical devices. The committee found safety issues with medical 
devices that had caused nearly 1,000 deaths and significantly more injuries over 
a ten-year period. The report by this committee led to the Medical Devices 
Amendments of 1976, which gave the FDA the authority to regulate medical 
devices, not only with respect to labeling, but to manufacture, processing, market¬ 
ing, distribution and use of the devices. 3 The legislation also refined the definition 
of a medical device to delineate them from drugs. Thus, those products that are 
not metabolized by the body or are not dependent on being metabolized were to 
be regulated as devices and not as drugs. Furthermore, the definition was 
expanded to include instruments, machines, implants, in vitro reagents and simi¬ 
lar articles used in healthcare. It also included diagnostic materials and compo¬ 
nents, and these regulations extended not only to man but animals. Another 
critical part of this legislation was the ability of the Agency to require good manu¬ 
facturing practices (GMP) standards for medical device manufacturers. The 
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legislation also created the classification system, whereby medical devices are 
regulated into one of three categories, based on risk, complexity and the life- 
sustaining nature of the devices. 

In 1990, the Safe Medical Devices Act provided new enforcement author¬ 
ity to the agency and strengthened the FDA’s ability to regulate devices and 
required user facilities to report any serious adverse events to the agency. 4 The 
amendment also required medical device companies to perform post-market sur¬ 
veillance of devices that were permanently implanted and life sustaining or life 
supporting. The act also required medical device manufacturers of certain high- 
risk devices to provide a method for tracking their devices used outside a user 
facility. 

Until 1993, devices marketed in Europe were subject to control by the 
individual countries and through various regulatory mechanisms. In 1993, the EU 
passed the Medical Device Directive (EU 93/92) which harmonized the regulation 
of medical devices throughout the EU. 5 The passage of this directive was based on 
“The New Approach”, which used conformity of products based upon following 
consensus standards and control of the design, testing and manufacturing of medi¬ 
cal devices. The EU directive used a device classification system that was very 
similar to that adopted by the FDA. Class I devices were of lowest risk. Class II 
devices were divided into two categories based on more serious risk of harm if 
they failed, and Class III devices were, as in the U.S., significant risk devices; that 
is, posing a risk of serious injury or death due to failure of the device. This clas¬ 
sification system is defined in the annexes of this EU directive. The directive also 
specified rules for conducting clinical studies on devices not yet cleared to enter 
the market. The directive established Notified Bodies; organizations that were 
certified to review device dossiers to determine if the manufacturer had followed 
the regulations and could therefore be allowed to market their devices in the EU. 
This certification process allowed manufactures to affix the “CE Mark” to their 
devices, which is necessary to be able to sell the device in the EU. The basis for 
this scheme is the conformity assessment; that is an audit of the documentation 
and test results, including clinical studies in many cases, which will ensure that a 
device is manufactured to meet the requirements of the EU regulations and is safe 
and effective. 

In 1997, the U.S. Congress passed the FDA Modernization Act. The main 
thrust of this act was to move FDA regulations towards harmonized standards 
with other nations. It also clarified the classification system and the requirements 
necessary for the clearance of a medical device. The Act also further clarified 
what had become the major pathway for clearance of medical devices, the 510(k) 
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premarket notification route. The purpose of this provision was to accelerate the 
review and decision process for medical devices, which had grown significantly 
since the original 1976 Device Amendments. 

Canadian Medical Device Regulations were instituted by the Canadian 
Department of Justice in March, 1998 (SOR 98-282). These regulations followed 
mostly from the European Medical Device Directives, but have some features of 
the FDA regulatory system. Unlike both FDA and EU regulations, the medical 
devices in Canada are broken down into four classes, with Class I being that of 
lowest risk, as in the U.S. and EU systems. Class IV devices are of highest risk. 
Both Class III and Class IV devices require clinical evidence of efficacy and 
safety along with full design files, quality systems and other requirements. 

In 2002, the FDA created the Office of Combination Products, as the growth 
of the medical device industry had gone beyond simple devices and now used com¬ 
binations of materials and drugs or products of biological origin (animal products 
or human tissue, or proteins and organic molecules), and these were not clearly 
within the authority of the existing regulatory structure. This Act also revised and 
strengthened the GMP regulations and placed more reliance on international stand¬ 
ards and risk assessment during the design phase of medical device development. 

The EU, in 2007 issued sweeping changes in the original Medical Device 
Directives. This strengthened the clinical investigational requirements for medi¬ 
cal devices which included: increased record retention; requirements for more 
pre-clinical data in the development of medical devices; a number of clarifica¬ 
tions on the classifying medical devices based on risk; and a number of changes 
to labeling requirements, software and other administrative changes related to the 
Notified Bodies. Taken together, these regulations have clarified a number of the 
processes used for the regulation of medical devices and strengthened post¬ 
market surveillance. 


39.3. THE REGULATORY PROCESS AT THE FDA, 

CANADA AND IN THE EU 

From the history of the various regulatory agency legislations and devel¬ 
opment of laws governing medical devices, the processes of getting a device 
through the regulatory systems have much more in common than they have dif¬ 
ferences. Therefore, it is worthwhile to focus on the general processes and those 
parts of the regulatory process that are most critical to the success or failure of 
gaining regulatory clearance or approval. In this regard, the role of voluntary 
standards in the development, testing and analysis of medical devices has become 
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critical to the entire process. In addition, good manufacturing practices and qual¬ 
ity systems are critical to the success of any medical device manufacturer. This 
section will touch on these very important features of the regulatory process. 


39.3.1. How Medical Devices are Classified 

As mentioned briefly above, medical devices are classified according to 
risk to the patient (safety) and the efficacy of the device that relate to the stated 
claims. The level of regulatory controls and oversight is directly related to the risk 
of the device to the patient, with Class I being lowest risk and Class III devices 
being highest risk. 

• Class I devices are those considered to be low-risk and subject to “general 
controls”, essentially to prevent mislabeling and adulteration. These devices 
generally pose no risk of loss of life to the patient. 

• Class II devices are those subject to “special controls” as well as general 
controls, and these are based on a higher risk to the patient and include inva¬ 
sive and non-invasive devices, some implantable devices and diagnostic 
devices and equipment. These special controls include performance stand¬ 
ards and in some cases clinical evidence of safety and efficacy. 

• Class III devices, which are highest risk to patients, include devices such as 
long-term implantable heart valves. They are required to have an approved 
premarket approval application (PMA) prior to being allowed to begin com¬ 
mercial sales. 

As the risk increases, the controls necessary by the manufacturer to ensure 
safety and efficacy increase. For Class III devices and for many Class II devices, 
human clinical trials are required. Full quality systems are required by FDA for 
all Class II and Class III devices. The FDA website (www.fda.gov) is an excellent 
source for searching “device classification” to determine if a final rule has been 
issued with respect to a particular device. For example, Title 21 CFR (Code of 
Federal Regulations), Section 872.3930 (accessible online at: http://www.gpo. 
gov/fdsys/pkg/CFR-2008-title21 -vol8/pdf/CFR-2008-title21 -vol8-part803 .pdf) 
is the particular section that contains the final rule for “Bone Grafting Materials, 
Synthetic”. Under that section, one can find the classification of the category 
(Class II) and that this particular regulation is related to dental bone grafting 
materials, not all synthetic bone grafting materials. This section will also state 
any recognized consensus standards that pertain to the particular device. 
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Depending on the classification of the device, and whether there is a 
predicate device or not, a device may follow a premarket notification 510(k) 
path or may require a PMA. The FDA has set out very clear rules that govern 
what information a manufacturer must supply for a particular device in each 
of these categories. These regulations can be found in Title 21 CFR regulations 
as well. 


39.3.2. Premarket Notification 510(k) 

At least 90 days before it intends to market a device for the first time, 
a company must submit to the FDA’s Document Mail Center a premarket noti¬ 
fication. This is also commonly known as a 510(k) submission. This document 
must contain sufficient information to allow the FDA to ascertain that the device 
is substantially equivalent to one that is already legally marketed. A 510(k) 
notification is also required if a manufacturer makes a significant change to an 
already marketed device, and the manufacturer cannot begin to market that 
changed device until FDA notifies the company that it may do so, or if the 
Agency has not responded to the notification within 90 days from receipt of the 
documentation. 

Title 21 CFR 807, “Premarket Notification Procedure”, defines those 
cases where this route to marketing of a device is applicable and also specifies 
(Section 807.87) what information is necessary, as well as the form in which the 
information must be submitted. In many cases for Class II devices, human clinical 
studies may be required to demonstrate equivalence. Rules for conduct of clinical 
studies may require prior approval from FDA as well as a local Investigational 
Review Board, depending on whether the device is categorized as “significant 
risk” or “non-significant risk”. If prior approval by FDA is required, the informa¬ 
tion and procedures for gaining this approval to conduct a human clinical study 
are detailed in S21 CFR Section 812. This section covers the procedures for the 
conduct of clinical studies with medical devices, including application, responsi¬ 
bilities of sponsors and investigators, labeling, records and reports. 


39.3.3. Premarket Approval 

For medical devices that are not found to be substantially equivalent, the 
PMA process (21 CFR Section 814) is used by FDA to determine the safety and 
efficacy of the device in question, to either allow the device to be marketed or to 
request additional information or testing prior to allowance of marketing. Devices 
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that require PMAs are Class III devices with high risk that pose a significant risk 
of illness or injury, or devices found not substantially equivalent to Class I and II 
predicate through the 510(k) process. The PMA process is much more involved 
than a 510(k) submission, and includes the submission of clinical data to support 
claims made for the device. 

39.3.4. EU Conformity Assessments 

Unlike the U.S., where FDA regulates devices through most phases of 
development, production, distribution and use, in the EU the regulation of medi¬ 
cal devices is regulated through the Medical Device Directives (EU 93/42). This 
EU legislation set out rules that govern how medical devices are to be classified, 
regulated and approved for marketing within the member states of the EU. This 
legislation, and numerous amendments to the legislation, established mechanisms 
for the classification of medical devices similar to the FDA system, mechanisms 
for controlling clinical studies for unapproved medical devices, for allowing com¬ 
merce uniformly throughout all the member states and, most importantly, for the 
creation of Notified Bodies, i.e. organizations that would be responsible for grant¬ 
ing the conformity mark, or CE Mark, to medical devices that meet certain 
requirements. This legislation also established rules requiring manufacturers to 
comply with ISO 13485 quality system requirements for medical devices. 

The classification of medical devices in Europe follows the same general 
guidelines as does FDA; that is Class I devices are lowest risk. Class II carry more 
risk and Class III are significant risk devices. In the EU Directive, Class II devices 
are sub-divided into Class Ha and Class Hb and these sub-divisions are based on 
the risk to the patient. The specific classification rationale is listed in Annex IX 
of the legislation and there are numerous rules that govern how one classifies a 
device. These rules include how invasive the device is, whether it is intended to 
be a long-term implant, if it is active, whether is uses a source of power to per¬ 
form its function or contains emitting electromagnetic radiation, along with many 
other criteria. This system differs from the U.S. system, where devices are classi¬ 
fied specifically by type (such as metal hip prosthesis or as mentioned above, 
synthetic dental bone graft). Overall, the classifications of devices in the EU are 
going to be very similar to those in the U.S., given that in both systems the basic 
tenets are safety and efficacy of the devices for their intended uses. 

Perhaps the biggest difference in the two regulatory systems is the use of 
the Conformity Assessment in the EU. Under this system, the manufacturer must 
operate with a quality management system (default system is ISO 13485 for 
medical devices) and that each member state authorizes certain Notified Bodies, 
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the organizations qualified to assess the conformity of the quality management 
system as it pertains to the specific medical devices being manufactured by a 
particular company. If, under this system, a company is found to conform to the 
standards, then it is given the “CE Mark”, which must be affixed to the device (or 
device package), and which is the symbol that the company is legally allowed to 
place that device into commerce. This conformity assessment depends on the 
company complying with some 40 elements of the “essential requirements” that 
are written into the EU 93/42 directive. 

The objectives of establishing the essential requirements in these directives 
was to consider all areas where a company might do something, or fail to perform 
some tasks, that could result in a risk to the patient. The risk assessment was the 
driving force that led to the adoption of these essential requirements. These can 
be categorized into six main areas: internal production control; the type of con¬ 
formity examination to be carried out to ensure compliance with the directives; 
how to assess that a device conforms to its intended use and function; guidelines 
for following a quality assurance system in development and production; how to 
verify that the product is functioning according to its stated intended use; and 
rules for how a company is to pursue a company-wide quality assurance system. 

In Canada, medical devices are regulated through Health Canada and their 
system is something of a hybrid between the U.S. system of laws and regulations 
and the EU system of conformity assessment. In Canada, the main regulation is 
the Medical Devices Regulation (SOR/98-282). This statute defines medical 
devices, control of manufacturing and labeling and clinical investigations, and 
sets out a classification system. Unlike either the EU or U.S. systems, there are 
four classes of medical devices, with Class I being of lowest risk and Class IV 
being of highest risk. This legislation defines rules for safety and efficacy of 
medical devices and rules for applying for a Medical Device License. While the 
particulars of the Canadian system have some real differences compared with 
both the EU and U.S. systems, most of the requirements to satisfy the Canadian 
regulations will also be needed to comply with the U.S. FDA and EU Directives. 

39.4. DESIGN AND DEVELOPMENT — AN INTEGRAL 
PART OF THE REGULATORY PROCESS 

The FDA, EU and Canada require that device manufacturers maintain a 
“quality system” as part of the requirements for approval of medical devices. In the 
EU, ISO:13485;2003 — “Medical devices — Quality management systems — 
Requirements for regulatory purposes” 6 is used as the “default” format for a qual¬ 
ity system; the use of ISO 13485 is not required, but for all practical purposes is 
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used by the vast majority of medical device manufacturers. This document is based 
on the more general standard, ISO 9001 — “Quality Management Systems — 
Requirements”, and sets forth a method for how a company should operate to 
ensure the highest quality for their products and services. While it is beyond the 
scope of this chapter to go into any great depth of detail, one section of ISO 13485 
in particular, “Product Realization”, and a subsection, “Design and development”, 
lay out a specific method of going about developing a medical device. 

Basically, the design and development of a medical device should follow 
a logical sequence, starting with establishing “design inputs”, such as patient 
needs, user needs, sterilization needs, packaging and labeling requirements, bio¬ 
compatibility requirements, clinical requirements and other market needs and 
requirements. These inputs are the start of the design process. While these 
“requirements” cannot be completely known, the process of figuring out the right 
materials, sterilization methods, physical design etc. lead to “outputs”, which are 
specific specifications and details of all aspects of the device. These outputs can 
then be tested or verified by methods such as testing the biocompatibility of a new 
material or new use of an existing material and so on. There are other steps in this 
process and one can see that the process is an iterative one. Both the FDA (21 
CFR 820) and Canada (SOR 98-282) have specific requirements for quality 
systems. The FDA regulations vary somewhat from the ISO regulations, while the 
Canadian requirements specify ISO 13485 (CAN/CSA-ISO 13485:03) for 
Class II, III and IV devices. 

As part of the design process, the use of a risk management system has 
become more and more important in gaining approval of a medical device. Risk 
management is specifically required in ISO 13485, and there is an ISO Standard 
(ISO 14971-2008) that describes the various components of performing a risk 
assessment on a medical device, both in the design phase and in the manufactur¬ 
ing or process stages. In recent years, the FDA has been requiring submission of 
full risk management documentation along with 510(k)s for Class II and Class III 
devices. While this may seem onerous to the manufacturer, the conduct of a 
detailed risk management process can be quite beneficial in the design and devel¬ 
opment of a medical device. The process uses established methodologies to 
identify, evaluate and minimize any risk factors in medical devices. Risks are 
defined as situations that can occur from misuse, design or handling of a device 
that can lead to the device malfunctioning or causing injury or death. The process 
should take into account all types of risks, from design to manufacturing to end 
user and patient factors. Once risks are identified, these are evaluated as to the 
probability of occurrence and the likelihood that these risks can be identified 
prior to occurrence. These factors lead to a “level of risk”, which if too great must 
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be mitigated by the manufacturer of the device. By focusing on the entire process 
of development and use of a device, this risk assessment can be used to produce 
safer and more effective devices. 

Another major component in the regulatory process for medical devices is 
the evaluation of the safety of the device. There is an ISO Standard (ISO 10993) 7 
that describes and defines the types of compatibility and toxicology testing neces¬ 
sary for devices, based upon their length of contact with the body, the type of 
tissue that they contact and the classification of the device. The standard calls for 
numerous separate tests, from cytotoxicity to mutagenicity, genotoxicity, repro¬ 
ductive toxicity, sensitization and tests for interaction with blood and effects of 
materials after implantation. While not all of these tests must be performed by the 
manufacturer, depending on the classification of the device, it is necessary to 
justify the tests that are performed and the test conditions used in the performance 
of the various tests. There are currently 17 sections to this standard, including 
sections on how to prepare extracts of samples and how to choose reference mate¬ 
rials and sample preparation. The testing is expensive, and to complete an entire 
suite of required tests may take as long as a year for long-term implantable 
devices. Therefore it is wise for the manufacturer to familiarize themselves with 
the details of these tests and the procedures early in the process. It is generally 
not sufficient to perform these types of tests if they do not comply with the stand¬ 
ards, unless a rigorous justification has been given and accepted by the appropri¬ 
ate regulatory authorities. 

Clinical studies may also be necessary to gain clearance for a medical 
device, as explained in the first section of this chapter. The conduct of clinical 
studies is regulated in all of the medical device regulations. In many cases, a clini¬ 
cal study on a device which is in development requires pre-approval from the 
regulatory body where the investigation will be conducted. In the U.S., the FDA 
has a mechanism known as an investigational device exemption (IDE) that 
requires a clinical plan along with supporting safety data be submitted prior to 
being allowed to begin the study. The FDA will review the submission and within 
90 days either allow the study to begin or they may find deficiencies in the pro¬ 
posed study that must be corrected prior to beginning the study. In the EU, the 
Medical Device Directives require that the Competent Authorities (nation-specific 
government agencies that oversee medical devices) be notified prior to starting a 
clinical trial. In the case of Class Ha and lib, as well as Class III devices, a com¬ 
pany may start the trial 60 days after notification, unless the Competent Authority 
makes a decision to the contrary. There is an ISO Standard (ISO 15155, Parts 1 
and 3) that describes the general requirements for and plans to conduct human 
clinical trials. There are also a number of guidance documents that are available 
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from the FDA that cover various aspects of designing and conducting clinical 
studies, and many of these deal with specific device types or categories of devices. 

39.4.1. Regulatory Guidance and Standardization 

All of the main regulatory bodies (FDA, European Commission and 
Health Canada) have extensive websites that publish various guidance docu¬ 
ments, from how to construct and conduct clinical studies, to when it is necessary 
to notify the agency of a change in devices, to guidance on specific testing of 
certain devices. While the amount of information can he voluminous, and some¬ 
what daunting for first-time users and developers of medical devices, it is well 
worth the effort to become comfortable using the sites and accessing the informa¬ 
tion within these various sites. It is ultimately up to the device manufacturer to be 
compliant and up to date with all of the regulations and guidance for navigating 
the complex world of medical devices. 

The use of standards in the development and approval of medical devices 
is now heavily relied upon by every regulatory authority. Anyone that intends to 
bring a new device to the market, or is looking to modify an existing device, 
should be reviewing the various standards that exist to help perform the various 
tasks necessary to ensure compliance with the government regulations and, more 
importantly, to be performing the work on the product necessary to ensure that 
the device is safe and effective for the intended use. Most medical device manu¬ 
facturers are familiar with the ISO standards for Biocompatibility and Toxicity 
testing for Medical Devices and with ISO 13485, Quality Management Systems. 
There are dozens, if not a few hundred, different ISO standards that relate to all 
aspects of medical devices, from labeling and graphic symbols, to how to conduct 
a human clinical study, to how to conduct a literature search for use in classifying 
a medical device. In addition to ISO, a number of other organizations that are 
involved in creating various standards for medical devices and the testing and 
compliance of such devices are listed in the reference section. 

39.5. CONCLUSION 

The process of regulation of medical devices has grown more complex as 
the devices themselves have grown more complex in their chemistry, structure 
and application to the treatment of diseases and defects in the body. That increase 
in complexity makes the process something of a “black box” to many and some¬ 
thing that is often uncomfortable. However, as the complexity of this field has 
increased, so have the resources available to manufacturers to enable them to 
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navigate through the processes. The basic tenants of medicine, and of medical 
devices, first, do no harm, and second, ensure safety and efficacy of the device for 
the intended use by the patient, are still the cornerstone of all medical device 
regulations. If approached properly and wisely, the process can be a very success¬ 
ful one and the introduction of new and advanced technologies will be a benefit 
to society. 
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Chapter 40 


Technology Transfer of Bioceramics: 

From Concept to Commerce 

Larry L. Hench and Giuseppe Cama 

40.1. INTRODUCTION 

Chapter 1 discusses the increasing need for affordable healthcare for a 
progressively aging population. Developing new biomaterials and devices that are 
more cost effective and have longer survivability is one of the ways to meet this 
need. However, making the transition from a laboratory concept into a clinical 
application and eventually into the healthcare market is difficult. This transition 
has been given several names: from “bench to bedside”, “translational research 
and development”, and from “concept to commerce”. Developing a characteriza¬ 
tion program that assures quality assurance, as required for meeting good manu¬ 
facturing practice (GMP) standards, is one of the challenges that must be met in 
order to achieve this transition. How to satisfy this need at minimal cost is sum¬ 
marized in Chapter 37. Establishing evidence for safety and efficacy of the bio¬ 
materials and devices sufficient for obtaining regulatory approval is another 
critical need. This can be difficult, as described in detail in Chapters 38 and 39. 
The goal of this chapter is to summarize the various steps that must be undertaken 
in order to make a smooth transition from laboratory-scale discoveries through 
testing and scale-up towards eventual production of a new bioceramic medical 
device. This summary is based upon the author’s 40-year experience of observing 
what is needed for a successful transition of the seminal discovery 1 of bioactive 
glasses to become successful clinical products. 2,3 This chapter also describes 
what is often overlooked or is missing in the effort to make the transfer of tech¬ 
nology from the laboratory into a profitable business. Details are presented in 
Hench. 4 


40.2. TECHNOLOGY TRANSFER PATHS 

It is possible to accelerate technology transfer from the laboratory to 
production by separating the tech transfer process into five discrete paths 
(Fig. 40.1 ).' w Each tech transfer path has a distinctly different output (Table 40.1). 
All five paths must be followed to completion in order for a concept to become a 
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Table 40.1. Technology Transfer Paths and Outcomes. 


Path 

Outcomes 

1. Research 

PhDs and Publications 

2. Patent Protection 

Patents Issued and IP Protected 

3. Market Assessment 

Profit and Risk Potential Projected 

4. Technology Demonstration 

Prototypes, Quality Assurance 

Potential Profit Margins 

5. Production 

Profits 


commercial success, i.e., to become a product which can be manufactured and 
sold in the marketplace with a reasonable return on investment. Each technology 
transfer path has a timeline, which is governed by the serial sequence of steps 
indicated in Fig. 40.1. 
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Although a specific length of time is indicated for the steps shown for each 
path in Fig. 40.1, in reality there will be a distribution of times for each step 
unique for a given technology, product and organization. The timelines shown in 
Fig. 40.1 tend to be towards the short end of the distribution and thus can be used 
as a measure of effectiveness of a tech transfer program for an organization. If 
time increments are much longer than those depicted there is likely to be a prob¬ 
lem somewhere in the plan, organization or technology and completion of a 
program may be delayed or perhaps never completed. 

In practice, the total length of time shown for each of the five paths in 
Fig. 40.1 is close to being optimal. It is seldom possible to decrease the time 
required to complete the research, patent protection, market assessment or tech¬ 
nology demonstration phases of a new product, assuming that the product 
involves substantially new technology. Incremental improvements in previously- 
existing processing methods or products take perhaps a third less time in the 
technology demonstration phase because the pilot plant facilities are already in 
existence. However, the timelines for R&D and patent protection are nearly 
invariant regardless of the level of innovation being pursued. Experience shows 
that it is seldom possible to short-circuit any of the individual steps in Fig. 40.1 
without suffering expensive delays later. 

Figure 40.1 shows technology transfer as five parallel paths. It is optimal 
to pursue all five paths in parallel as illustrated, rather than in sequence, for sev¬ 
eral reasons: shorter cumulative time to complete the overall program; feedback 
of information between paths; maintenance of momentum; more efficient use of 
personnel and physical resources; and lower total cost. 

If it is possible to pursue the five tech transfer paths in parallel, as shown 
in Fig. 40.1, the cumulative time for a successful technology transfer process is 
approximately eight years. 

However, if it is necessary to complete each path prior to commencing the 
next, the cumulative time is nearly doubled to 14 years! Often this is the case 
because the costs associated with patent protection and especially technology 
demonstration leading to regulatory approvals are usually considerably larger 
than research costs and require extensive capital investment, which is often 
delayed until patent protection is secured. Consequently, new layers of manage¬ 
ment and investors become involved in the decision-making process as invest¬ 
ment becomes larger and the program moves from path 1^1. Typically, the 
number of decision makers increases two-fold for each step, as described in 
Hench. 4 

Because the project costs of paths 2-5 are substantially higher than usually 
budgeted for university programs, the time required to evaluate the project, as 
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well as the number of people require to evaluate, go up proportionally. The prob¬ 
ability of approval goes down proportionally, as described in Hench. 4 Often a 
combination of factors leads to an excessively lengthy serial technology transfer 
process. This is often due to the major impedance step in the serial process of 
transfer from path 3 and 4. The level of financial commitment goes up by a factor 
of ten at least at this juncture, as shown in Fig. 40.1. However, cost is not the only 
barrier in moving from path 3-4; additional personnel, management and facilities 
are equally important factors that must be located and funded. 


40.3. RESOURCES REQUIRED 

In order to show that a new technology has production potential (path 4), 
it is necessary to create an organization composed of at least the following 
personnel and capabilities: representative of the researchers who originated the 
discovery that led to path 1; engineers capable of scaling-up the technology and 
experienced in designing the requisite equipment and processes; person(s) with 
experience in establishing and monitoring quality assurance programs; technical 
staff dedicated to making the process work reliably; management to oversee time¬ 
lines and budget; financial planners; sufficient space to locate and run the scale- 
up operations; and sufficient financial resources to complete the project. The 
experience, skills, attitudes, responsibilities and temperaments differ greatly 
among such a team. Consequently, there is usually considerable time invested in 
achieving an acceptable, workable schedule, plan of action, budget and commit¬ 
ment to “make it work” before path 4 can be activated. 

Often the technology will not work in the demonstration scale-up, path 4, 
without a number of trials. Therefore, efficient feedback of information from the 
technology demonstration team to the research team and vice versa; i.e., path 
1-4—1, is essential. However, by this time, creative scientific personnel will typi¬ 
cally have moved onto other interests and are seldom enthused about returning to 
an “old” project when problems arise. This means new personnel must be 
recruited and trained. The net effect is lengthening of path 4 and increasing 
expenditures. These difficulties are most frequent when the tech transfer effort is 
occurring within a university or between the university with an “arm’s length” 
licensing agreement between the university and a corporation. 

In most cases the funds to pursue path 4, a technology demonstration project, 
will not be approved without first completing a marketing and business study, path 
3. The marketing and business analysis will attempt to estimate many items neces¬ 
sary to predict the eventual profitability of the technology and potential payout for 
the investors. The items that need to be addressed in path 3 include: cost/benefit 
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ratios of the healthcare products; capital required; size of market; time to reach 
market; percentage of market penetration as a function of time; lead times over 
competition; nature of competition and their market share; competitive position of 
the new technology over the competition; potential profit margins; effect on existing 
corporate products, if any; risks and potential liability issues of the new technology; 
and method and projected costs of distribution of the eventual products. 

Most university science and engineering departments do not have the staff 
or experience to make the analysis listed above. Most universities also do not 
have licensing personnel capable of doing such studies. Consequently, a licensing 
agreement must be in place to move from path 2-3, with funds being made avail¬ 
able to hire a team to do path 3. Delays often occur because funds seldom are 
available to negotiate and initiate path 3 until patents are issued and intellectual 
property rights are assured, the end point of path 2, and license agreements with 
rights to the intellectual property assigned. 


40.4. ANTICIPATION OF EARLY DIFFICULTIES 

A problem and limitation that must be faced is the fact that the greater the 
advance of the new technology, the more difficult it is to make marketing and 
business assessments. Therefore, the greater the potential of the new technology, 
the greater the risk and the longer the time required to pass judgment that it 
should be supported to enter path 4 and become a technology demonstration 
project. Unfortunately, a management mode of dealing with a high risk decision 
is to postpone it until more information becomes available. The effect is to 
lengthen the initiation of path 4 and the overall tech transfer timeline. Only a 
licensee committed to rapid product development with sufficient resources to deal 
with the risks and necessity of feedback between paths 1-4 can assure that this 
transition from 2-4 is not delayed. In order to avoid this delay, it is essential that 
the science and engineering team involved in paths 1 and 2 provide a cost/risk/ 
reward assessment early on to their licensing officers in a university or to com¬ 
pany management in a corporation. This often is a difficulty in a university setting 
because faculty and students do not have the experience to conduct the analysis 
listed above and resent being asked to do it as it is outside their scope of interest 
and they can see no benefit from their time invested. This is especially true for 
young faculty and students, whose careers depend upon completing peer- 
reviewed publications and submitting grant applications and not tech transfer 
projects which are usually not publishable. 

Thus, there are two primary difficulties in pursuing paths 2, 3 and 4 
entirely in parallel: the 5x to lOx increase in cost of moving from making 


566 


An Introduction to Bioceramics 2nd Edition 


laboratory-scale prototypes to pilot-scale operations and the need to complete 
market and business assessments before large budgets can be approved and funds 
secured. Consequently, the staggered parallel paths 2 and 4 shown in Fig. 40.1 are 
required by economic realities and are the most efficient. 


40.5. LATER STAGE BARRIERS 

The scale-up from pilot plant to production (paths 4-5) requires even more 
capital and market assessment. It is critical to know the size of the production 
facility to achieve projected profit margins. However, production rates must be 
targeted towards realistic sales projections. Cash flow to establish and maintain 
operations must be projected and be available until sales income is sufficient to 
cover all costs. Failures of companies are typically due to not meeting unrealistic 
sales projections in the early years. 

Thus, identification of profitable niche markets in the first years of scale- 
up are key requirements for projecting the profit/risk ratio for the new technology. 
Large corporations have the expertise for making these assessments, but their 
large overheads inflate the required margins of profits to be a successful business 
and limit willingness to pursue new technologies with uncertain times for pay¬ 
back of investment. Small start-ups, conversely, have low overheads but often 
lack the ability to assess accurately the multiple factors involved during the tran¬ 
sition from paths 4-5 and steps required in path 5. Input from universities and 
their inventors is seldom judged to have much value by corporate personnel, often 
for good reason. Thus, the inventor team offers little help and the inventors must 
wait patiently for years to pass before royalty returns become a reality, if ever. 
This fact often is a driver for negotiating up-front license fees. The disadvantage 
of up-front fees is that all incentives for feedback assistance from the research 
team in path 1 to the technology development team in path 4 are largely elimi¬ 
nated. In reality, by the time path 5 is reached, student and faculty input has been 
bypassed by licensee technology and the original creative drive responsible for 
path 1 no longer exists. 


40.6. THE EFFECT OF BARRIERS ON TECH TRANSFER 
TIMELINES 

The cumulative time for a staggered parallel tech transfer program, such 
as depicted in Fig. 40.1, is approximately eight years. For a serial technology 
transfer program, where each path is completed before the next is approved, 
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funded and started, it is approximately 14 years. It requires a very high level of 
organizational efficiency and substantially greater risk and capital to reduce these 
figures to shorter times. It is all too easy for the timelines to lengthen to 16-18 
years. Table 40.2, the timeline for technology transfer of the Bioglass® discovery 
to eventual commercialization, illustrates this conclusion. The initial discovery of 
the 45S5 Bioglass® composition bonding to bone was in 1969. 1-3 The first product 
cleared by the FDA for open market sale to hospitals was the ossicular chain 
prostheses (MEP®) for replacement of diseased or damaged bones of the middle 
ear, discussed in Chapter 7, which occurred in 1985 through the 510(k) regulatory 
process, see Chapters 38 and 39 23 That is a 16-year timeline. The reasons for this 
lengthy process are described above. The second approved product, the endosse¬ 
ous ridge maintenance implant (ERMI®) followed just three years later in 1988. 2 
The much shorter timeline was due to the fact that documentation of safety was 
already established in the prior submission for the MEP® devices, based upon 
numerous in vitro and in vivo trials. 5 Only efficacy in human trials at the dental 
clinics at the University of Florida were needed to be established prior to the FDA 
510(k) submission for clearance of the ERMI®. Subsequent Bioglass® clinical 
products have also been cleared with much shorter timelines, for similar 
reasons. 23 


40.7. OPTIONS FOR COMMERCIALIZATION 

There are numerous options for pursuing the five pathways in the tech 
transfer process. Risks and rewards to the inventors differ considerably for these 
alternatives. When technology is created within a corporation there is usually a 
management structure in place to make the decisions and provide financing for 
paths 2-5. Milestones and timelines are imposed as part of the job requirements 
of the teams involved. In contrast, when the technology is created within a uni¬ 
versity or a government laboratory there is seldom a management structure or 
budget available to fund the pursuit of paths 3 and 4. The approach to technology 
transfer is typically a license agreement with a company. There are five alterna¬ 
tives for licensing arrangements, as depicted in Fig. 40.2. Each option shown in 
Fig. 40.2 has a different degree of risk, time and personal capital investment 
associated with it. The height of the bar shown in Fig. 40.1 is proportional to these 
factors. The potential reward to the inventors also differs for each alternative 
shown in Fig. 40.2. The width of the bar represents potential payoff; the greater 
the risk the greater the potential payoff when commercialization is completed. It 
is important to remember that is always potential payoff. High risk means a high 
probability of no payoff. 
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Table 40.2. Timeline for Development of Clinical Products Based Upon 45S5 Bioglass®. 
1969 Discovery of bone bonding to 45S5 Bioglass® 

1971 First peer reviewed publication 1 

1972 Bonding of Bioglass® bone segments and coated femoral stems in monkeys 
1975 Bioglass® coated alumina bone bonding to sheep hip implants 

1975 Bioglass® dental implants bonded in baboons 

1977 Bonding of Bioglass® implant in guinea pig middle ear 

1977 Bioglass® coating patent applications filed 

1981 Discovery of soft connective tissue bonding to 45S5 Bioglass® 

1981 Toxicology and biocompatibility studies (20 in vitro and in vivo ) published to 

establish safety for FDA clearance of Bioglass® products 
1985 First medical product (Bioglass® Ossicular Reconstruction Prosthesis (MEP®)) 
cleared by FDA via the 510(k) process 

1987 Discovery of osteoproduction (osteostimulation) in use of Bioglass® particu¬ 

late in repair of periodontal defects (monkey model) 

1988 Bioglass® Endosseous Ridge Maintenance Implant (ERMI®) cleared by FDA 

via the 510(k) process 

1991 Development of sol-gel processing method for making bioactive gel-glasses 
1993 Bioglass® particulate for use in bone grafting to restore bone loss from 

periodontal disease in infrabony defects (PerioGlas®) cleared by FDA via 
the 510(k) process 

1995 PerioGlas® obtained CE Mark in Europe 

1996 Use of PerioGlas® for bone grafts in tooth extraction sites and alveolar ridge 

augmentation cleared by FDA via the 510(k) process 

1999 European use of 45S5 particulate for orthopedic bone grafting (NovaBone®) 

2000 FDA clearance for use of NovaBone® in general orthopedic bone grafting in 

non-load-bearing sites 

2004 FDA clearance of 45S5 particulate for use in dentinal hypersensitivity treat¬ 

ment (NovaMin) 

2005 Development of various dental maintenance products (NovaMin) 

2009 Anniversary of 1 million doses of NovaBone® bone graft product and 1 mil¬ 

lion tubes of NovaMin toothpaste 

2010 Sale of NovaMin Technologies to Glaxo-Smith-Kline to market as Sensodyne 

Repair and Protect toothpaste as over the counter product for prevention of 
dentinal hypersensitivity. Evidence accumulates to also show inhibition of 
gingivitis. 
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Figure 40.2. Optional routes to achieve technology transfer. 


The five options are: 

1) Personal Start-Up where the researcher raises the capital and maintains 
control of the first paths 1-3 of tech transfer. 

2) Partnership Start-Up where a team is formed that shares the cost and effort 
required to make it through paths 1-3. 

3) Private Placement or Venture Capital Start-Up where money is raised by 
the inventor team by releasing a portion of ownership and control to an 
equity partner that funds paths 2-4. 

4) License to Start-Up where the inventor team and institution license the 
technology to another company that may or may not have participation by 
the inventors and the company takes the responsibility of raising the capital 
and teams to pursue paths 2-5. 

5) License to Large Corporation where financing and control is taken over by 
the corporation and the institution is paid a royalty when the commercializa¬ 
tion is successful. Up-front payments are often negotiated to minimize risk 
to the institution and prevent a lack of corporate investment in the 
technology. 

Details of the pros and cons of each of these five options are presented in 

Hench. * 1 2 3 4 5 
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Figure 40.3. Comparison of staggered parallel versus serial technology transfer paths 
with technological development curve. 


40.8. NEED FOR RAPID TECHNOLOGY TRANSFER 

Figure 40.3 shows a typical technology development curve for a prod¬ 
uct, including medical products. For a few years there is slow growth. Growth 
expands rapidly as market acceptance is achieved and eventually growth slows 
and continues at the rate of growth of a commodity, with rates of 3-5% per 
year. The technological half-life is at the midpoint of the growth curve. This 
technological half-life is shrinking in the global economy, as discussed in 
Hench. 4 


40.9. UNDERSTANDING THE IMPORTANCE 
OF TRANSLATION 

The importance and the difficulty to translate a laboratory concept to 
patient care has been underlined in 2001 by the Institute of Medicine (IOM) 7 and 
two years later by the National Institutes of Health (NIH) Roadmap that defined 
the translation process as a key factor for health care improvement. 8 The same 
institution in 2005 established the Clinical and Translation Science Awards 
(CTSAs) with the aim to encourage and sustain new scientific knowledge during 
the pathways towards a public health impact. The time required to deliver onto the 
market a scientific innovation is one of the first variables in the translation process 
that must be controlled carefully. 9 In this regard, any delays in the delivery of a 
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product must be avoided in order to prevent the requirement of further capital 
input and the concurrence on the market of similar competitive products. The 
optimization of the whole translation process should be based also on the ability 
of the system to be flexible and able to adapt itself to unexpected or poorly 
planned conditions. 10 Moreover, the different professional figures involved on the 
project should be able to show good communication skills in order to avoid disper¬ 
sion of information and lack of feedback relating to the evolution of the process. 
Young scientists should be educated at the beginning of their research activity on 
the difficulty involved in translating an experiment carried out in their laboratory 
to the benefit of public health. This concept assumes extreme importance consid¬ 
ering that their research activity should represent, in large part, the future of public 
health. Unfortunately, today, although translation has been discussed for more 
than 30 years, 11 different terms are used to define this concept, 12 creating confu¬ 
sion. Most importantly, there has yet to be delineated general and solid criteria to 
follow, in order to minimize the risk of failure of the translation process. 


40.10. CONCLUSION 

If a new concept and innovative technology enters into a tech transfer 
process that takes too long, i.e., is a serial process, as illustrated in Fig. 40.3, then 
it may never enter into the marketplace with significant impact because other 
new technologies with faster tech transfer times will “beat it” to market share. 
This competition is illustrated in Fig. 40.3 and is the primary reason that efficient 
tech transfer processes are now essential. Staggered parallel paths shown in 
Fig. 40.3 are optimal. The decision as to which option of commercialization is 
best to take, Fig. 40.2, needs to be made with this contest of world-wide competi¬ 
tion in mind. Fast technology transfer is essential to achieve clinical success and 
profitability. 
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Chapter 41 

ETHICAL ISSUES 

Larry L. Hench 


41.1. INTRODUCTION 

Millions of people currently have implants and their number is increasing 
rapidly. 1 It is important to examine the ethical issues associated with the increased 
use of artificial, non-living materials to repair, restore, or augment living 
tissues. 

In part, the large increase in use of implants is because ethical concerns 
are less for artificial materials than use of living transplants. 2-4 Implants do not 
require donors. Thus, donor consent is not needed for an implant. However, many 
moral and social issues are as important for implants as for transplants. These 
issues include: informed patient consent, patient risk/benefit ratios, cost/benefit 
ratios, availability, reliability, and incidence of revision surgery. The number of 
implants far exceeds the number of transplants annually and it is important that 
these issues be addressed and boundaries for the use of implants be established 
that take into consideration complex ethical concerns. 


41.2. THE THEORETICAL PROBLEM 

The science of biomaterials and implant design and performance is based 
upon well-established scientific principles of physics, chemistry, biology, and 
physiology. The theoretical foundations of these historic disciplines are well 
developed and have been proven through centuries of experimental trial and error. 
There is little uncertainty that if the stem of a femoral head replacement is too 
small or the thickness of the femoral bone is too thin that fracture will result, 
i.e. the mechanics of the system can be calculated and the result predicted with a 
high level of confidence. Devices are designed using these biomechanical princi¬ 
ples and reasonably high reliability has been achieved. 

In contrast, there is conflict and uncertainty in the theoretical foundation for 
analyzing ethical issues. 3 Two main schools of ethics exist, with major differences 
in their approach to achieving a moral judgment. They are: the utilitarianism view 
developed by the English philosopher, John Stuart Mill and his successors, whose 
position is that an action is “right” if it leads to the greatest possible good or least 
possible bad consequences, i.e. “right is relative”; in contrast, the deontological 
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(binding obligation) approach of the German philosopher Immanuel Kant and suc¬ 
cessors, such as W.D. Ross, argues that moral standards exist independent of utili¬ 
tarian ends and that a moral life should not be conceived in terms of means and 
ends but that an act is “right” because it satisfies the demands of some overriding 
principle of obligation. We should act as if our action was about to become a law 
of nature and all men were to hereafter act in the same way, i.e. “right is revealed”. 

Many modified versions of both Kant’s and Mill’s philosophies have been 
developed; but the fundamental differences remain, at present, unreconcilable. 3 
This is in part because the principles underlying human moral behavior cannot 
ethically be tested by using designed experiments, as can physical principles. 
Tests would violate the ethical principles being tested. Thus, there appears to be 
an ethical uncertainty principle which limits the ability to describe a universally- 
acceptable moral behavior for individual humans. This is a parallel to the 
Heisenberg uncertainty principle which establishes bounds upon the knowledge 
obtainable for discrete particles in physical systems. 4 The uncertainty in ethical 
theory makes it difficult to reconcile differences of opinions as to the relative 
importance of three general principles for making ethical decisions. 4 


41.3. THREE GENERAL PRINCIPLES FOR MAKING 
ETHICAL DECISIONS 

Moral philosophers generally agree that three general principles exist for 
making ethical decisions (Table 41.1). 3 The first principle is respect for 
autonomy. This is the concept that each person has the right to decide what is best 
for them. Respect for autonomy generally ranks highest in the hierarchy of ethical 
principles. This principle usually takes precedence in a medical situation and 
should seldom be violated in decision making. 3-5 However, this principle assumes 
that an individual is both capable of making a rational decision and desires to 
make such a decision. Difficulties arise when it is unclear as to whether an indi¬ 
vidual is capable of making rational decisions, as may be the case with the very 
young, the very old, in medical emergencies involving trauma or coma, or when 
an individual does not want to make a decision. Often, individuals do not have the 
ability to understand the consequences of their decision and prefer to abdicate this 
right to their physician. The moral dilemma of when to “pull the plug” for a ter¬ 
minally ill patient in an intensive care unit is a consequence of the conflict of this 
principle and the principle of beneficence. 2,6 

The principle of beneficence (first, do no harm) is at the core of the 
Hippocratic Oath. 2 There is seldom conflict over the importance of this principle. 
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Table 41.1. Three General Principles for Making Ethical Decisions. 

RESPECT FOR AUTONOMY 

The concept of personal self-governance. The principle of a person’s right to choose. It 
assumes that individuals have an intrinsic value and have the right to determine then- 
own destiny. It is the opposite of slavery. 

THE PRINCIPLE OF BENEFICENCE 

The concept that an action or decision should not inflict harm on another, should 
prevent or remove harm, or promote good to another. 

THE PRINCIPLE OF IUSTICE 

The concept that like cases should be treated alike. This principle is difficult to use 
because individuals are not alike and often do not desire to be treated alike. 


However, there can be conflict between it and the respect for autonomy, as cited 
above. For example, a woman may desire to have an implant for breast enlarge¬ 
ment even though there is evidence that doing so involves risk, i.e. it “may not be 
harmless”. The burden of informing the person of the extent of risk is shared by 
the manufacturer and the surgeon. Each may assess the potential for “harm or 
risk” quite differently. Quantification of risk for an individual is difficult since 
risk is a statistical concept. 5 Conflicts can and do occur in such situations. 

The principle of justice leads to the most uncertainty and conflict. 4 This 
principle maintains that like problems should be treated alike. The theoretical 
ideal of complete equality is impossible to achieve because individuals are not 
alike. Also, people may choose, for reasons such as taste or religion, to be treated 
differently. Respect for autonomy requires that preferences be honored. Problems 
arise when the autonomous rights of an individual or group limit the implementa¬ 
tion of justice to others. Problems also arise when individuals believe falsely that 
their problem is equivalent to another, when in fact it is different. 

Since the concept of ideal justice cannot be achieved in a real world, the 
formal principle of justice is usually implemented in terms of what are called 
“the material principles of justice”. Table 41.2, based on Beauchamp and Walters 3 
and Hench, 4 summarizes alternatives for making decisions regarding distribution 
of material goods or health care. Most countries have evolved a complicated 
mixture of these alternatives. For example, the availability of certain implants to 
a deaf person, such as intracochlear multichannel electrical stimulation, often 
depends upon family wealth because of the high cost of the device and the lack 
of insurance for such devices. In developing countries, even simple implants may 
not be available to the majority of the population due to cost and lack of surgical 
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Table 41.2. Material Principles of Justice 3 4 
Which include as alternatives: 

1) To each person an equal share. 

2) To each person according to individual need. 

3) To each person according to acquisition in a free market. 

4) To each person according to individual effort. 

5) To each person according to societal contribution. 

6) To each person according to merit. 

7) To each person according to age. 

8) To each person according to status (nobility). 

9) To each person according to gender. 

10) To each person according to race. 

11) To each person according to religion. 

12) To each person according to ethnicity. 


facilities. The rapidly-accelerating cost of health care in all countries may eventu¬ 
ally lead to governmental restrictions for many implants, with distribution based 
more and more on personal resources. 4-6 

Such restrictions create conflicts between all three ethical principles with 
little basis for resolving the conflicts. Prejudice can then affect decisions rather 
than moral judgments. 


41.4. CONSEQUENCE OF THE THEORETICAL PROBLEM 

Beauchamp and Walters summarize the biggest problem facing ethicists 
and moral philosophers at the present time as: “The problem of how to value or 
weigh different moral principles remains unresolved in contemporary moral 
theory.” 3 

This means that when the principle of respect for autonomy is in conflict 
with either the principle of beneficence or principle of justice there is no agree¬ 
ment on acceptable means of resolving the conflict. 

The most important, practical consequence of this theoretical problem is 
that it leads to uncertainty in assessing an ethical response in individual cases. 4 
Guidelines of ethical behavior can be developed for large population groups but 
they may not be accepted by individuals within the group. Individuals often con¬ 
sider general guidelines or restrictions to be unjust if they are excluded. Thus, 
uncertainty in the relative importance of the three ethical principles leads to con¬ 
flict between individuals and between individuals and the group. 
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For example, consider the situation when an implant fails. Conflict may 
arise between the patient and the surgeon, hospital, manufacturer, or all three. 
Why is there conflict? The patient chose to have the implant, risks were reviewed, 
and informed consent was obtained; thus the patient’s autonomy was respected. 
The individual case history indicated to the surgeon that the implant and proce¬ 
dure selected had a high probability of success, thereby fulfilling the principle of 
beneficence. Conflict results, however, when a patient perceives that the principle 
of justice has been violated. The patient expects not only equal treatment, but also 
equal results. The patient and his/her family do not care about statistics and that 
85 or 95% of similar cases treated the same way succeeded. They care only that 
their case failed. 


41.5. SOURCE OF CONFLICT 

The conflict is due to an unjustified expectation of equal consequences of 
an act instead of equal performance of the act. The principle of justice specifies 
only that “like cases be treated alike”. However, because individuals are different 
results can be different, even when treatment is the same. The difference in results 
versus expectations can be perceived, wrongly, as unjust. 

What are the reasons for unjustified expectations of implant success? 
Three factors, at least, are involved: human nature, technology, and greed. It is 
human nature to want the same things as others. This expectation feeds our 
market-driven economy. 6 The same is true for implants. People do not desire to 
live with pain as they become older. This is reasonable. They learn from the 
media or friends that certain implants eliminate pain, therefore, they want an 
implant if they have painful joints. They do not hear, or are unwilling to accept, 
that there is a finite risk associated with the surgery and a finite probability of 
failure of the implant. It is human nature to hear only what you want to hear. This 
results in unjustified expectations and a conclusion of having received unjust 
treatment if difficulties arise. 

Technology amplifies the problem. New developments in implants are 
promoted as superior even when long-term data for large populations of patients 
are not available. We live in a technological age where most people want and 
expect the “latest”, be it electronics, cars, or implants. Along with the “latest” 
comes the expectation that the latest is best. This is often unjustified but the per¬ 
ception still exists. 

Rapid changes in technology also lead to a proliferation of choices. The 
surgeon and patient no longer are limited to one decision, “should a hip joint 
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be replaced with a prosthesis?” Instead, a series of decisions must be made 
with regard to type of stem, type of cup, type of fixation, etc. The statistical 
basis for risk assessment and beneficence becomes progressively more uncer¬ 
tain the greater the options. 4,5 The patient may well equate more options with 
greater expectations of success. This is often false. In fact, the reverse may be 
the case, i.e. success in a large population decreases as the number of options 
increases. 

Greed can feed on the above factors. 4 As more people want and receive 
implants the potential for profit increases proportionally. As more options 
become available it is more likely that products will he promoted for the sake of 
novelty and image rather than for well-established improvements in 
beneficence. 

Economic pressures build to introduce new implant products with only 
minimal standards of testing in order to have something “new” to offer. Tests 
that show problems may occur are undesirable in this context and therefore 
are avoided unless required by regulatory pressures. Research to obtain solu¬ 
tions to long-term reliability problems is often not done, because to do so is 
to admit that long-term reliability is a problem. Thus, the implant field grows 
in volume but not necessarily proportionally in beneficence to the larger num¬ 
ber of patients. One consequence is an ever-increasing escalation in health 
care costs, which in the United States are now 13% of the gross national 
product. 4 


41.6. SPECIFIC ETHICAL CONCERNS IN BIOMATERIALS 

As a field we need to promote testing to avoid long-term complications 
and implant revisions. We need to achieve >85-90% success of all implants over 
10-20 years. Failure analysis needs to be done for all implants in use or proposed 
for use in order to provide a statistical basis for establishing beneficence for the 
patient. Figure 41.1 illustrates the type of analysis needed. 

Clinical results of implants can be classified as those that result in high 
beneficence (top curves) or low beneficence (bottom curves). Moderate benefi¬ 
cence lies between. The ethical principle of beneficence requires that an implant 
meet the high standard of the upper curve because otherwise the principle “first, 
do no harm” may be violated. In other words, any implant that performs in limited 
trials for 2-3 years as indicated in the lower curve should not be put into general 
use. Any implant that is in general use with results similar to those in the lower 
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Figure 41.1. Comparison of implant failures as a function of time for high vs low benefi¬ 
cence to the patients. 


curve should be removed from use. Implants of moderate beneficence should be 
subjected to regulatory monitoring to determine the reasons for failures and 
research funded to improve the performance until the upper curve behavior is 
achieved. 

Figure 41.1 also illustrates that there exists a distribution of results which 
broadens with time. Statistical data that can be used to generate such curves needs 
to be compiled by the professional societies for all the prostheses now in clinical 
use. Patients need to be informed of their expected benefit with respect to this 
distribution of results. This is one of the few ways to counter false expectations 
of results. 

Also, more controlled center testing of new products needs to be encour¬ 
aged in order to produce data for plots such as Fig. 41.1. A few examples where 
additional controlled pre-market testing would have been desirable to avoid early 
failures are listed below. 


• Intrauterine devices (IUD) for birth control 

• Silicone injections 

• PTFE powder injections for urinary incontinence 

• PTFE powder for vocal cord rehabilitation 

• PTFE/carbon fiber composites for TMJ repair 
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• Dense hydroxyapatite cones for edentulous ridge maintenance 

• Porous bead coatings on orthopedic implants 

• Metal on metal orthopedic total joints 


41.7. SPECIFIC NEEDS TO MINIMIZE ETHICAL CONCERNS 

Clinical results from a number of the implants 7 listed above produce the 

low beneficence curves in Fig. 41.1. To avoid this type of performance, we need 

standard in vivo and in vitro tests to compare alternative biomaterials under 

equivalent conditions. 

Other areas of need to maximize beneficence are: 

• Long-term predictive tests for biomechanical performance. 

• Predictive in vitro tests to determine biochemical factors in tissue response. 

• Minimization of animal testing by more effective use of in vitro tests, as 
discussed by Saha and Saha. 8 

• Avoidance of extensive “me too” development of “new” biomaterials that are 
only derivative in nature. 

• Elimination of extensive, repetitive, short-term animal testing of unloaded, 
non-functional devices. This must be replaced with functional device testing 
under simulated clinical conditions. 

• Balance the requirement of scientists to generate publications and research 
dollars with the desire to conduct scientific research that can improve long¬ 
term performance. 

• Balance management’s often short-term outlook with the long-term welfare 
of the patient and society. 

• Balance the corporate goal of generation of profit with the need for unbiased 
product quality. 


41.8. SUMMARY 

Many researchers, clinicians, and manufacturers of implants have been 
exposed to the consequences of ethical conflicts which can arise when the prin¬ 
ciples of beneficence and justice are not reconciled. Many examples are discussed 
in Hench and results of clinical comparisons are presented. 4,7 ’ 9 

The expectations of the population with respect to implant success will 
continue to rise. Thus, implants must have increased long-term reliability. Failure 
to ensure this will result in negative consequences for individual patients. Failure 


Ethical Issues 


581 


will also produce increased governmental regulations and controls. These con¬ 
trols will increase development costs and produce a negative spiral in which 
fewer manufacturers will be able to afford to produce new products and as a 
result will develop fewer new materials and applications. This negative scenario 
can be avoided by a concerted effort to improve long-term performance of all 
types of implants. 

The over-riding principle of respect for autonomy must a concern to all 
of us. An individual depends on information from all sources to make crucial 
decisions. Such information should always he the best and most complete we 
have to offer and be unsullied by commercial or personal preferences. Only by 
these means can the best decision be made for specific clinical problems. 

The new generation of bioceramics described in this book has been devel¬ 
oped to improve beneficence for the patient. The alumina heads of total hip joints 
perform as indicated in the high beneficence curves of Fig. 41.1. However, as yet 
there is insufficient data to generate curves of beneficence (Fig. 41.1) for all types 
of bioceramics discussed herein. 

Until the data are available, the implants must be considered developmen¬ 
tal and be carefully monitored by the surgeon and the manufacturer. 
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Chapter 42 

SUMMARY AND FUTURE DIRECTIONS 

Larry L. Hench 


42.1. OVERVIEW 

One of the great challenges facing the multidisciplinary field of biomate¬ 
rials is the development of a new generation of implant materials which will last 
as long as the lifetime of the patient. This is often 20-40 years, double or triple 
the expected lifetime of many spare parts in use today. The growth of bioceram¬ 
ics as a field during the 20 years since the first edition of this book is a response 
to this need. The 21 additional chapters in this second edition document the 
innovative approaches taken to make bioceramics one of the most dynamic and 
successful classes of biomaterials used clinically. The new fields of tissue engi¬ 
neering (TE) and regenerative medicine are only possible because of the devel¬ 
opment of a new generation of bioactive ceramic materials, as documented in 
this book. 

However, many factors influence the long-term clinical performance of a 
biomaterial. This chapter presents a short summary of these factors, discusses 
their relative importance, and outlines future directions for research and devel¬ 
opment of bioceramics that may further improve the implant lifetimes and 
regeneration of tissues needed for the aging population. We begin by reviewing 
the elements of a “general theory of biomaterials” and discuss some of the 
implications of this generalization that lead to some recommendations for the 
future. 

42.2. A GENERAL THEORY OF BIOMATERIALS 

In 1975 Hench and Ethridge proposed as a general theory: "An ideal 
implant material must have a dynamic surface chemistry that induces histological 
changes at the implant interface which would normally occur if the implant were 
not present.” 1 

This theory is supported by the behavior of bioactive ceramics discussed 
in many chapters of this book. Bone-bonding bioactive ceramics create an envi¬ 
ronment compatible with osteogenesis, with the mineralizing interface develop¬ 
ing as a natural bonding junction between living and non-living materials. 
Implants that form a hydroxycarbonate apatite (HCA) layer very rapidly 
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incorporate collagen fibrils within the growing HCA agglomerates and thereby 
create a natural collagenous bonding junction between the implant and both hard 
and soft tissues. Bioactive glass particulates stimulate osteogenesis and new bone 
formation with a final “natural” result that is equivalent in morphology and bio¬ 
mechanical properties to autogeneous bone grafts (Chapters 3 and 9-12). 

Implant materials that behave differently than is required by the above 
theory elicit non-adherent fibrous capsules which lead to problems in interfacial 
stability and eventual clinical failure. 

A suitable surface chemistry is necessary, but not sufficient, to prevent 
the formation of non-adherent fibrous capsules at an implant-tissue interface. 
Table 42.1 summarizes the many factors involved in creating a stable versus 
unstable implant interface. The nature of the surgery, post-implantation healing, 
and biomechanical conditions determine not only whether a fibrous capsule will 
form but also its shape and thickness; all may be independent of implant surface 
chemistry. Continuous movement at an implant-tissue interface will always 
produce a capsule. The more extensive the motion and the longer the duration, 
the thicker the capsule. Infection, release of toxic leachables, continuous wear 
and release of wear particles, or uncontrolled degradation of a surface leads to a 
fibrous capsule that isolates the implant from normal tissues. It is futile to look 
for an artificial material or surface chemistry that will overcome these natural 
limitations of surgery, healing, and implant function. 

The revised general theory that evolves from consideration of the factors 
listed in Table 42.1 was expressed by Hench and Ethridge in 1982 as: 2 

General Theory of Biomaterials Behavior 

An ideal implant material performs as if it were equivalent to the host 

tissue. 


Table 42.1. Factors that Influence the Histological Response to an Implant. 


Non-Adherent 

Fibrous Capsule 

Bone Bonding 

Soft Tissue Bonding 

Extent of tissue necrosis 

Periosteal invasion 

Rapid formation of 

Infection 

Adherent to cells 

HCA layer 

Toxic leachables 

Adherent to acellular constituents 

Adherent to cells 

Wear or degradation 

Tight fit 

Adherence to collagen 

Movement 

Vascularity 

Tight fit 

Inflammation 

No inflammation 

No wear debris 

No inflammation 





Summary and Future Directions 


Two axioms follow: 

Axiom 1. The tissue at the interface should be equivalent to the normal 
host tissue. 

Axiom 2. The response of the material to physical stimuli should be like 
that of the tissue it replaces. 

These axioms are interdependent and are essentially the guiding principles 
that underlie the concept of regenerative medicine. In order for an equivalent 
physical response to be realized, a stable interfacial bond between tissue and 
implant must be achieved. Conversely, in order for a stable interface to be 
produced, it is necessary for physical stimuli to be controlled during the repair 
process. Factors that inhibit one of these relationships hinder the other as well. 

Because of the critical interactions of these axioms, a focus of research 
and understanding of long-term performance of devices must be on creating 
implant-tissue interfaces which are simultaneously histologically and biome- 
chanically stable. This is the objective of regenerative medicine. However, it is 
the short-term response of tissues following implantation which determines the 
eventual long-term response. 

Many of the surface chemical features essential for formation of a stable 
interfacial bond with tissues have been identified. In bone, the central issue seems 
to be the relative competition between fibrogenesis and osteogenesis at the inter¬ 
face and development of a stable blood supply to the regenerated tissues, as dis¬ 
cussed in Chapters 4 and 5. Many factors favor proliferation of fibroblasts and 
capsule formation, whereas very specific conditions must be satisfied for osteo¬ 
genesis and angiogenesis to occur. This mimics the situation in the natural repair 
of bone, as implied by the general theory. 

At the cellular level, fibroblasts are favored over osteoblasts if osteoblast 
progenitor stem cells: are not present; cannot attach; cannot differentiate; cannot 
divide; cannot generate bone matrix; or matrix mineralization is inhibited. 

Following bone surgery it is likely that stem cells capable of becoming 
osteoblasts, given the right environment, will be available at the implant interface 
along with fibroblasts, since both types of stem cells originate from blood and tis¬ 
sues invaded during surgery. Damage to bone results in large changes in pH, oxygen 
tension gradients, local electric potentials, concentrations of chemicals, enzymes, 
and acellular proteins, such as bone growth factors. These local environmental 
changes lead to differentiation of stem cells into osteoblasts. If an implant perturbs 
this environment sufficiently to prevent differentiation of osteoblasts, then fibro¬ 
blasts proliferate and the gap between the implant and undamaged tissue is closed 
with a fibrous capsule. 
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During the last decade, cell and molecular biology studies have estab¬ 
lished the genetic responses of osteoprogenitor cells to bioactive stimuli that lead 
to rapid osteogenesis and angiogenesis while inhibiting proliferation of fibro¬ 
blasts through induced apoptosis of fibroblastic stem cells. This selective shift in 
interface cell populations favors the growth of bone at the interface of bioactive 
implants, as discussed in Chapter 4, with successful clinical uses documented in 
Chapters 6-12. Similar approaches need to be taken in the regeneration and repair 
of soft connective tissues and cardiovascular tissues, as indicated below. 

42.3. MOLECULAR TAILORING OF SURFACE CHEMISTRY 

The surface chemistry of implants needs to be optimized to meet the 
requirements of aged, diseased and damaged tissues. Most biomaterials in use 
today were developed by trial and error. There is very little understanding of the 
effects of disease states, such as osteoporosis or arthritis, on interfacial reactions, 
or the long-term biomechanical behavior of implant-tissue interfaces. Some prin¬ 
ciples have been established to guide the development of new bioceramics, as 
indicated above. As discussed in Chapters 3-5, the relationships between phases 
and compositions of bioceramics with their surface reaction kinetics have been 
determined. The effect of surface reactions on in vivo behavior is also generally 
known. Details of the cellular responses are established by tissue and cell culture 
experiments, as described in Chapter 4. Results from these studies should make 
it possible to modify compositions to optimize their behavior with respect to age, 
metabolic activity, and disease states of aging patients. At present the same mate¬ 
rials are used in all categories of patients, regardless of the degree or type of ail¬ 
ment and extent of deterioration of the natural tissues to be repaired or replaced. 
Tailoring of surface release kinetics of hioactive stimuli for patient-specific hone 
regeneration should be a high research priority. 

Two new directions of research hold promise for improving the scientific 
basis for tailoring surface reactions of bioceramics. One is the discovery that sol- 
gel derived glasses have a much expanded compositional range of bioactivity 
over glasses made by traditional melting and casting processes. The low tempera¬ 
tures of sol-gel processing, as illustrated in Chapter 1, make it possible to control 
the surface chemistry of the resulting materials with greater flexibility than high 
temperature melting and casting of glasses or sintering or hot pressing of ceram¬ 
ics. Details of the seven processing steps in making bioactive gel-glasses are 
discussed in Hench and West. 3 Advantages of sol-gel processing of inorganic 
biomaterials include: new compositions; greater homogeneity; higher levels 
of purity; net-shape casting of monoliths; low temperature coating of substrates 
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Figure 42.1. Apatite formation at seven days on gel-glasses and melt glasses. 


control of powder size distribution; control of surface chemistry of the gel- 
glasses; expanded ranges of glass formation and control of pore networks at a 
nanometer scale as well as formation of interconnecting macropores. This is in 
addition to commercial advantages, such as lower energy consumption and nearly 
zero environmental impact. 

Sol-gel processing and development of hybrid inorganic-organic materials 
are fields that show great promise, as discussed in Chapters 23, 32, and 35. 

Figure 42.1 shows the extended range of compositions in the Si0 2 -CaO- 
P 2 0 5 system that are bioactive when made by alkoxide-based sol-gel processing 
compared with bioactive compositions made by melting and casting, from studies 
by Professor Kokubo’s group. Gel-derived glasses with as much as 88% Si0 2 
develop HCA layers, whereas the limit for melt-glasses is 60%. This is a large 
shift in compositional limit. Melt-glasses with >55% Si0 2 require several days to 
form a polycrystalline HCA layer whereas gel-glasses do so in only a few min¬ 
utes. The chemical origin of these important differences appears to be the large 
concentration of silanols on the surface of the gels after processing temperatures 
of 500-800°C. 

42.4. THEORETICAL MODELING OF SURFACE 
INTERACTIONS 

Semi-empirical molecular orbital (MO) calculations, using AM-1 and 
extended Hiickel methods, show that metastable silica clusters formed from a 
condensation reaction of neighboring silanols can act as heterogeneous nuclea- 
tion sites for HCA crystals. 4 The metastable silica clusters can also act as prefer¬ 
ential adsorption sites for amino acids, such as alanine. 4 These calculational 
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results, reviewed in Chapter 36, indicate that the surface reactions of the inor¬ 
ganic material can lead to biological ly-specific binding sites for protein mole¬ 
cules. The MO calculations show differences in specific adsorption on the 
inorganic surface, which depend on different binding sites on the protein mole¬ 
cules. 4 This may lead to an understanding of the selective adsorption of proteins 
that act as growth factors or enzymes. Such studies may also aid in the interpreta¬ 
tion and optimization of interactions between inorganic-biological systems and 
be the basis for the design of delivery systems to prevent deterioration of natural 
tissues. 


42.5. SOFT TISSUE ENGINEERING 

Much of the growth of bioceramics has been towards improving the repair 
of the skeletal system, as indicated by the majority of chapters in this book. 
However, there is great need for substantial improvement in the treatment of soft 
tissue-based diseases, particularly those related to diabetes, heart and cardiovas¬ 
cular deterioration, and the weakening of the gastrointestinal and urinary tracts in 
the aged. Obtaining and maintaining a blood supply in TE constructs is necessary 
for their long-term stability following implantation. All of these needs require 
enhancement of a stable capillary bed within the repairing tissues. Studies have 
used third-generation hioactive, resorbable composites with controlled release of 
bioactive stimuli to enhance vascularization of regenerated soft tissue constructs. 
Chapter 5 reviews these studies. Chapter 33 shows a novel method of treating 
chronic wounds, a highly debilitating illness. Future expansion of this new field 
can provide a major impact on the cost and personal suffering of a large fraction 
of the population. 

There are important implications from these findings. Few TE constructs 
at present produce a stable 3D vascularization bed of tissue. Adding angiogenic 
stimulating particles could be an effective means to enhance vascularization in 
vivo. These findings are also relevant to a new approach to treatment of chronic 
wounds, which are increasing at an alarming rate due to the larger number of 
obese, aged, and diabetic patients. At present most treatment modalities for 
chronic wounds are at best palliative. There is great need for bioactive wound 
dressings that can counter the negative stimuli that prevent healing of chronic 
wounds. It should be possible to combine the anti-inflammatory characteristics of 
45S5 Bioglass® particles, which also have pro-angiogenic potential at critical dos¬ 
ages (Chapter 5), with the nano-borosilicate fibers (Chapter 33) to create multi¬ 
functional materials for soft tissue repair. 
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These results also show promise for designing minimally invasive micro- 
injectable particles for stable augmentation of soft tissues. The bioactive particles 
could serve to stimulate growth of soft connective tissues that can adhere to the 
particle surface and increase the mass and elasticity of the regenerated tissue. 
Such treatments are desperately needed to eliminate stress urinary incontinence 
in the elderly. This is a societal need and challenge to the biomaterials field that 
presently costs billions of dollars per year. Little research or new product devel¬ 
opment is currently pursued to solve this problem. 

Another need and challenge is for innovative TE tubular constructs to 
replace segments of the small intestine that have been removed from cancer 
patients. Such constructs that possess the physiological functions of the intestine 
are greatly needed to improve the quality of hfe of this group of patients. This is 
a particularly difficult challenge for soft tissue engineering. All of the above are 
21st century challenges of an aging population. Unfortunately, few research pro¬ 
grams appear to be addressing these needs at present. 


42.6. IMPLICATIONS FOR THE FUTURE 

A genetic basis for the development of a third generation of biomaterials 
provides the scientific foundation for molecular design of scaffolds for TE and for 
in situ tissue regeneration and repair, using minimally invasive surgery. There are 
significant economic advantages to each of these new approaches, which may aid 
in solving the problems of care for an aging population. It should be feasible to 
design a new generation of gene-activating biomaterials tailored for specific 
patients and disease states. Perhaps of even more importance is the possibility 
that bioactive stimuli can be used to activate genes in a preventative treatment to 
maintain the health of tissues as they age. Only a few years ago this concept 
would have seemed impossible. We need to remember that only 40 years ago the 
concept of a material that would not be rejected by living tissues also seemed 
impossible. 


42.7. CONCLUSION 

Understanding the science, technology, and applications of bioceramics is 
an important educational need for the healthcare and engineering community. 
Many new developments have occurred during the last 30 years that are not dis¬ 
cussed in standard materials science textbooks. Subjects, such as sol-gel process¬ 
ing of bioactive gel-glasses, genetic stimulation of osteogenesis by ionic 
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dissolution products of bioactive glasses, stimulation of angiogenesis, bioactive 
composites, hybrid bioactive materials, phosphate glasses, bioactive materials 
with hierarchical porosity, molecular modeling of glass structures and bioactivity 
mechanisms, TE, and regenerative medicine, are now important topics in the 
field and did not even exist as concepts in 1993 when the first edition of An 
Introduction to Bioceramics was published. Also, other important biomedical 
glass and glass-ceramic systems for therapeutic treatment of tumors and repair 
of diseased and damaged teeth are now in wide-spread use and enhancing the 
quality of life for millions of patients throughout the world, as documented in 
this second edition. 

This important new edition provides a summary of all of the above topics. 
It provides the necessary foundation of science and technology for the reader to 
later explore the multitude of papers being published in this new field annually. 
Without a basic understanding, such as provided by this book, a person is easily 
confused. The reason is that the interface generated with time between a bioactive 
material and the body is controlled by an integrated synthesis of inorganic chem¬ 
istry, physical chemistry, and biochemistry. The man-made material and the liv¬ 
ing material become as one at a molecular level. This type of “living interface” 
mimics that between hard and soft connective tissues in the body that have 
evolved over billions of years. This unique character of bioactive bonding 
requires a unique textbook in order to comprehend and explore these materials 
and their clinical use. This edition provides the fundamental level of comprehen¬ 
sion needed. I hope it encourages the bright young creative minds of the future to 
enter the field and take bioceramic materials forward to the next generation of 
medical devices and continue to improve the quality of life of patients. For the 
experienced researcher the book provides a comprehensive overview of the 
important current topics in bioceramics, written by world-class authors. Unlike 
many conference proceedings, this volume is based upon carefully-selected con¬ 
tributors who have created much of the subject matter they discuss in their chap¬ 
ters and as a consequence the contents are authoritative. 

To all readers, beginner or experienced: read, enjoy, and marvel at this 
wonderful field of bioceramics! 
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294, 307, 372-374, 418, 467, 473, 
505, 528 
porous 6 

porous bead coatings 580 
porous ceramics 306 
porous hydroxyapatite 287 
porous metals 6 
potassium oxalate 456 
premarket approval application 
(PMA) 553 

premarket notification 510(k) 544 
prostheses 

alumina 35 
fingers 34 

hip 27, 30-32, 34, 200, 201 
iliac crest 199, 204 
knee 30, 34 
middle ear 209 
shoulders 34 
vertebral 194, 195, 201 
wrists 34 

proteins 76, 77, 87, 279, 380, 391, 
393, 418, 482, 511, 512, 535, 552, 
585, 588 

pull-out tests 65 
pulp capping 81, 132 
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push-out tests 223, 344 
pyrolytic carbon 367, 393 

radiation 

alpha 36 
beta 431,441,444 
gamma 36,434 
radiculopathy 159 
radioactive glasses 431 
radio-frequency glow discharge optical 
emission spectra 361 
radio frequency sputtering 336 
radiography 194,398 
radiotherapy glasses 431 
Raman spectroscopy 339, 532 
rapid-immersion coating 351 
rapid prototyping 167, 473, 474 
rate of bonding 8, 49, 68, 524 
refractive index 438, 439 
regulation of medical devices 541,549 
regulatory clearance 118, 549, 552 
remineralization 455,460 
resorbable implants 8, 12 
risk-to-benefit ratios 541 
root planing 127, 128 
rutile 356, 359, 361, 362 

Safe Medical Devices Act (SMDA) 
of 1990 544 
sapphire 1,27 
scanning electron microscopy 
(SEM) 337, 372, 528, 532 
scratch testing 316 
secondary ion mass spectroscopy 
(SIMS) 534 
shearing stress 360, 392 
shear testing 295, 316 
silanols 24,54-56,59,511,514,587 
silica-rich layer 55, 63, 68, 532, 533 
simulated body fluid (SBF) 59, 174, 355, 
495, 536 


sinus obliteration 81, 132 
sodium hydrogen titanate 356, 359 
sodium phosphosilicate 455, 457 
soft tissues 1, 49, 63, 96, 109, 121, 183, 
287, 487, 495, 584, 589 
sol-gel 16, 77, 78, 471, 474-476, 478, 
480,511,587 
sol-gel glasses 475 

sol-gel processing 22, 77, 568, 586-589 
solid-state sintering 20, 21 
spinal repair 159, 477 
spine fusion 81, 152, 153, 162, 202 
spondylodesis 160, 161, 226 
spondylolisthesis 153, 159, 162, 196, 203 
sputter coating 307 
staffelite 234 

stenosis 113, 153, 159, 164, 166, 204 

sterilization 138, 342, 343, 557 

stiffness 122,293 

St. Jude Medical heart valves 390 

stress shielding 15, 495 

stress transfer 121, 122 

StronBone® 466 

strontium 242, 414, 423, 456, 459, 

466 

subcritical crack growth 378 
subcutaneous implantation 91 
subperiosteal implants 345, 346 
surface area 24, 52, 62, 74, 293, 296, 
404, 418, 435, 472, 475 
surface charge 281-283, 457, 535, 536 
surface profdes 532 
surfactant 467, 468, 472, 473, 475 

technology transfer 80, 561 
teeth 1, 98, 115, 125, 132, 305, 447, 

455, 590 

tetra-calcium phosphate 308 
tetra-ethyl orthosilicate (TEOS) 475 
thin film deposition techniques 336 
thromboembolism 390, 391, 395 
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thromboresistance 3, 367, 380, 381 
thrombosis 391 
Ti-6A1-4V 358, 373 
tibia 151,189,223,287,299 
tissue ingrowth 27 
tissue matrix 506 
titanium alloys 374, 386, 465 
titanium hydride 360, 362 
titanium metal 182, 358 
tooth replacement 116, 117, 447 
tooth roots 116,118,125,385 
total knee replacement (TKR) 42 
trabecular 12, 142, 143, 211, 212, 287, 
295 

transmission electron microscopy 
(TEM) 282 

transpedicular screw fixation 160 
tri-calcium phosphate (TCP) 8, 289, 468 
tricuspid valve replacement (TVR) 389 
tri-ethyl phosphate (TEP) 475 
tris-buffer solutions 63 

UK Healthcare Products Regulatory 
Agency (MHRA) 482 
ultralow-temperature isotropic (ULTI) 

367 

ureteral reflux 106 

vascular endothelial growth factor 
(VEGF) 90, 129 

vascularisation 87, 89, 90, 418, 422, 425, 
464 


vertebroplasty 163, 165 
Vickers hardness (HV) 141, 173 
viscosity 19, 49, 352, 398, 417, 434, 
468, 471, 475 
vitrification 20,21 
vocal cords 101,105 

wear debris 15, 30, 406, 584 
wollastonite 171-173,477 

xenogenic 137, 138 
xenografts 129, 137-139 
xerogels 24 

X-ray diffraction (XRD) 59, 229, 281, 
320, 337, 372, 526 

X-ray fluorescence (XRF) 281, 524, 

525 

X-ray microtomography 473, 474, 476, 
479 

X-ray photoelectron spectroscopy (XPS) 
342 

Young’s modulus 34, 36, 173, 218, 219, 
318, 403, 404, 480 

yttrium aluminosilicate (YAS) glasses 
431 

zeta-potential measurement 357, 361, 
535 

zirconia 4, 27, 71, 182, 398, 449, 452 


